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Abstract
Ultrasound imaging of blood ﬂow is in widespread use for assessment of atherosclerotic
disease. Imaging of the carotid arteries is of special interest, as blood clots
from atherosclerotic plaques may follow the blood stream to the brain with fatal
consequences. Color ﬂow imaging and PW Doppler are important tools during patient
examination, providing a map of the mean velocities in an image region and the full
velocity spectrum in a small region of interest respectively. However they both suﬀer
from limitations which may hamper patient diagnostics.
Recent technological advances have enabled an increased acquisition rate of
ultrasound images, providing possibilities for further improvement in robustness and
accuracy of color ﬂow and PW Doppler imaging. Based on these advances, we aimed to
utilize the high acquisition rate to enable robust vector Doppler imaging, where both
velocity magnitude and direction is estimated. Additionally, we wanted to incorporate
information from several parallel receive beams in spectral Doppler, which is currently
limited to velocity estimation in a limited region of a single beam.
Two limitations in conventional PW Doppler are especially considered, namely
the trade-oﬀ between temporal and spectral resolution, and the increased spectral
broadening in situations of high velocity or large beam-to-ﬂow angles. By utilizing
information from several parallel receive beams, we show that by applying adaptive
spectral estimation techniques, it is possible to obtain high quality PWDoppler spectra
from ensembles similar to those found in conventional color ﬂow imaging. A new
method to limit spectral broadening is also presented, and we show spectra with
improved resolution and signal-to-noise ratio for a large span in beam-to-ﬂow angles.
Plane wave vector Doppler imaging was investigated using both realistic simula-
tions of ﬂow in a (diseased) carotid artery bifurcation, and in vivo studies. It was
found that the plane wave approach could provide robust vector velocity estimates at
frame rates signiﬁcantly higher than what is found in conventional blood ﬂow imaging.
The technique was implemented in a research ultrasound system, and a feasibility
study was performed in patients with carotid artery disease. Promising results were
found, showing an increased velocity span and the successful capture of complex ﬂow
patterns. All together, the proposed techniques may provide more eﬃcient clinical
tools for vascular imaging, as well as quantitative information for research into new
markers for cardiovascular disease.
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Chapter 1
Introduction
Ultrasound for the purpose of measuring distance was developed in an advanced form
already 50 million years ago, when bats began using pulses of sound to guide their
ﬂight through darkness. This was however not known until the 1940s, when Pierce
and Griﬃn[1] discovered that bats started colliding with even large obstacles when
their ears and mouth were covered. It has later been found that other animals, such
as the dolphin, also use this form of echolocation or pulse-echo technique. Researchers
started experimenting with ultrasound, which is sound with frequencies over the
human hearing range, in the early 1900s, and the work of the French physicist Paul
Langevin is often regarded as the inception of modern ultrasound. Today, ultrasound is
used in a variety of medical disciplines, including obstetrics and gynecology, radiology,
pediatrics, ophthalmology, neurology and in the cardiovascular ﬁeld[2]. The popularity
and widespread use of the technique is due to it being a non-invasive and relatively low
cost technique which has no harmful eﬀects on the body when appropriate guidelines
are followed[3].
To be able to detect small objects it is necessary to use sound with short
wavelengths, which is why sound in the audible range (20Hz–20 kHz) is neither utilized
by the bat or for diagnostic purposes. The bat emits pulses of ultrasound in the
frequency range from 25–200 kHz, which in air results in wavelengths from 1.3–0.15 cm.
In medical diagnostics, frequencies in the range of 2–10MHz are commonly used when
imaging through the skin[4], and with an approximate velocity of sound equal to
1500m/s in human tissues, the wavelengths are in the range of 750–150μm.
Imaging of moving structures within the body was ﬁrst performed in 1953–54 by
Inge Edler and Hellmuth Hertz in Lund, Sweden, when they used the pulse-echo
technique to record the movement of heart valves[5]. A short time later, Satomura in
Japan found that it was possible to measure heart movement using the Doppler shift
in the frequency of backscattered ultrasound[6], a method which was soon further
investigated for measurements of blood velocity[7, 8]. The ﬁrst ﬂowmeters appeared
in the 1960s[9, 10], and evaluation of Doppler ultrasound as an important clinical
tool for medical diagnostics was performed by many researchers in the seventies and
eighties[11–16]. Today, Doppler techniques are important and widely used diagnostic
tools, implemented in most commercial ultrasound scanners. The techniques are
mainly used to measure blood ﬂow in the cardiovascular system, but are also used
in other areas, for instance to measure deformation of the heart muscle[17].
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There are two common ways to display Doppler velocity measurements. One
provides the full spectrum of blood velocities in a small region of interest as a function
of time, and is often called spectral Doppler. This modality is based on Pulsed Wave
(PW) or Continuous Wave (CW) Doppler techniques, which are further explained in
the following chapters. The second modality is called color ﬂow imaging (CFI), which
gives an overview of the mean velocity in a 2D or 3D region of interest. In this modality,
the mean velocities are color coded and overlaid the grayscale pulse-echo image. As it
enabled visualization of leaking heart valves and other ﬂow abnormalities which were
previously easy to overlook, it became a clinical success story and a breakthrough
for diagnostic ultrasound imaging. The technique which is still used to estimate the
mean velocity in commercial ultrasound systems today, was introduced by Namekawa
et al.[18] and Kasai et al.[19] in the 1980s. Examples of both spectral Doppler and
CFI can be found in Fig. 2.4, in Section 2.2.
One area where color ﬂow and spectral Doppler imaging is widely used, is in
assessment of carotid artery stenosis. Stenoses in the carotid arteries of the neck
may cause regions in the brain to infarct due to the shedding of emboli. These emboli
will follow the blood stream to smaller arteries in the brain, where they cause a stroke
by blocking the blood ﬂow. Historically, X-ray angiography was the gold standard
for detecting and grading of stenoses, whereas today MRI, CT and ultrasound are
all used for this purpose. Ultrasound color ﬂow imaging in combination with pulse-
echo imaging and spectral Doppler is the most commonly used technique, probably
due to the lack of side-eﬀects, widespread availability, low cost and a relatively short
examination time[21]. Using ultrasound, the degree of stenosis is typically based on
measurements of the maximum velocity in the region, as given by the spectral Doppler
technique.
Although greatly successful, Doppler ultrasound is hampered by a fundamental
limitation: it is one-dimensional. Only the velocity component in the direction of the
ultrasound beam can be measured, whereas the true blood ﬂow is three-dimensional.
As a consequence, the measured velocity is dependent on the beam-to-ﬂow angle. To
obtain an estimate of the true velocity magnitude, it is assumed that the blood ﬂow is
parallel to the vessel axis, and angle correction of the 1D velocity estimate is performed.
As blood ﬂow through stenoses may diﬀer from the vessel course, assumptions on
the ﬂow angle may cause considerable spread in velocity measurements and large
interobserver variability[22–24].
To overcome the angle dependency, several techniques for estimating two or all
three vector velocity components have been investigated from the early 1970s until
today[25–30]. However, because of their own limitations, addressed in the following
chapters, vector velocity estimation has not yet reached clinical practice. When it
does, however, the potential beneﬁts are many; including increased understanding of
blood ﬂow in healthy and diseased arteries, improved quantitative measurements of
blood ﬂow, and reduced intra- and interobserver variability in velocity measurements
during patient examinations.
Recent technical advances have enabled storage and processing of large quantities of
raw ultrasound data, which in turn enables formation of several image lines in parallel.
By transmitting broad ultrasound beams and forming multiple image lines on receive,
2
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it is therefore possible to increase the image acquisition rate. As further explained
in Section 2.1.2, utilizing plane wave transmission, a full image may be generated for
every ultrasound pulse, although with a more limited penetration depth compared to
focused transmission, in addition to loss in resolution and contrast.
The increased acquisition rate may have many positive implications for Doppler
imaging, especially color ﬂow imaging. In conventional color ﬂow imaging, mean
velocity estimates are built line-by-line, requiring several transmissions each. In result,
there is a trade-oﬀ between frame rate, image quality and size of the color ﬂow image
region. As the number of transmissions per line is kept as low as possible to obtain
acceptable frame rates, also the measurable velocity span is aﬀected, for instance
resulting in missing velocity estimates in regions of low ﬂow, typically close to the
vessel wall or in complex ﬂow regions.
By utilizing plane wave imaging and parallel receive beamforming, new possibilities
arise, both for development of new processing techniques and improvement of already
existing techniques. In this work we aim to utilize the high acquisition rate to enable
robust vector Doppler imaging, with the ability to capture slow and complex ﬂow.
Additionally, we want to incorporate information from several parallel receive beams
in spectral Doppler, which is currently limited to velocity estimation in a limited region
of a single beam.
1.1 Aims of study
The overall aim of this study has been to investigate techniques which may enable a
more quantitative ultrasound imaging modality for blood ﬂow in the carotid arteries.
All of the contributions focus on developing methods which take advantage of the
opportunities provided by acquiring data in large spatial regions simultaneously. A
prerequisite for all of the investigated techniques is therefore the possibility to use
unfocused transmit beams and parallel receive beamforming. To clarify the aims in
more detail, the following questions are stated:
Can the velocity resolution in short ensemble PW Doppler be increased?
Color ﬂow imaging is a powerful tool for detecting ﬂow presence and ﬂow
abnormalities. However, limitations in conventional acquisition make the
modality more qualitative than quantitative which hampers patient diagnostics.
Fundamental limitations include the 1D velocity measurements, a limited
velocity span and the conﬂicting interests of high frame rate and image quality.
In combined modalities, the latter also creates a trade-oﬀ between temporal
and spectral resolution in PW Doppler, currently the most important tool for
ultrasound based grading of stenoses. This compromise would be less severe if the
required number of transmissions for spectral estimation is reduced. However,
this is not feasible using conventional spectral estimation techniques. One aim
is therefore to investigate whether the velocity resolution in short ensemble PW
Doppler can be improved by utilizing parallel receive beams and adaptive spectral
estimation techniques.
3
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Could velocity delineation in near transverse ﬂow situations be improved?
Another limitation in PW Doppler is spectral broadening, where single velocities
appear as a range of velocities in the Doppler spectrum. Spectral broadening
may originate from a short observation time of the blood scatterers, and is then
termed the transit time eﬀect. This eﬀect may lead to severe errors in velocity
measurements. Spectral broadening due to the transit time eﬀect is frequently
present in carotid artery imaging, with large beam-to-ﬂow angles being the
rule rather than the exception, and as the presence of stenoses leads to high
blood velocities. A second aim is therefore to investigate whether unfocused
transmission and parallel receive beams could be utilized to improve delineation
of PW Doppler in situations with high velocities or near transversal ﬂow.
Can plane wave vector Doppler provide robust velocity estimates?
High quality PW Doppler is important since it is the only really quantitative
blood velocity measurement available. Measurements based on the resulting
velocity spectra are also used as selection criteria when forwarding patients to
carotid endarterectomy1. However, the outcome of these velocity measurements
relies heavily on the user to provide the necessary directional information for
calibration. Due to the disturbed ﬂow present in stenotic regions, diﬀerent
examiners may measure a wide variety of velocities, and patients might therefore
beneﬁt from a more automated measurement protocol. However, automation
requires estimates of the ﬂow direction and spectral Doppler simultaneously, and
therefore a third aim is to investigate whether automated calibration of velocity
spectra could be achieved using plane wave vector Doppler imaging.
Plane wave blood ﬂow imaging. A feasible approach in patients?
Due to expected loss of penetration, resolution and contrast, it was unknown
whether plane wave imaging could work in real-life imaging conditions. A ﬁnal
aim is therefore to investigate whether the plane wave approach is feasible in
patients with carotid artery disease.
1.2 Thesis outline
The following section provides a presentation of the contributions included in this
thesis, their motivation and ﬁndings. A general discussion of the results can be found
in Section 1.4, towards the end of this chapter. To make the thesis more self-contained,
a more extensive background for the techniques applied in this work is included in
Chapter 2. The chapter is mainly aimed for readers who are not too familiar with
ultrasound imaging, and emphasizes Doppler imaging in particular. The term blood
ﬂow imaging will be used as a collective term for all techniques which visualize blood
ﬂow. Chapter 2 also provides some background on atherosclerosis, in addition to
ultrasound imaging and assessment of this disease. Finally, Chapters 3–6 present
studies performed during the course of this work, a period of time stretching from
August 2009 to December 2012.
1A surgical procedure where plaque is removed from the artery to prevent stroke
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1.3 Summary of contributions
In the following, the motivations for the diﬀerent contributions are elaborated, and a
summary of the results is given for each of the four studies.
1.3.1 Retrospective PW Doppler utilizing adaptive signal
processing (Chapter 3)
Pulsed Wave (PW) Doppler is an essential component of cardiovascular ultrasound
diagnostics, as it is currently the main modality for providing quantitative information
on the blood velocities present in a certain spatial region. However, for navigation
purposes it is often combined with B-mode or Color Flow Imaging (CFI). PW Doppler
acquisition in the combined modality is interrupted for B-mode and color ﬂow imaging,
resulting in a trade-oﬀ between temporal and spectral resolution in the Doppler
spectrum and the image quality and frame rate of the combined modalities. The
trade-oﬀ arises due to the high number of ultrasound pulses (≈ 60) needed to form an
estimate of the velocity spectrum using conventional spectral estimation techniques.
To obtain high velocity resolution with the commonly used Welch estimator2, a large
number of pulse transmissions is needed, occupying time which could be spent building
a B-mode or color ﬂow image. The velocity resolution of the Welch estimator is
inversely proportional to the number of temporal samples in a given observation
window. Thus, if the number of transmissions is reduced, the velocity resolution
decreases. To avoid large interruptions in the CFI or B-mode acquisition, techniques
which reduce the required observation window while retaining spectral resolution are
of interest.
This work investigates how the required observation window can be reduced by
adaptive spectral estimation techniques, utilizing 2D spatial information available due
to unfocused transmission and parallel receive beamforming. Four adaptive estimation
techniques were investigated, whereof one, the projection-based Capon estimator, has
not before been considered for spectral Doppler estimation. The other techniques
have been explored for PW Doppler previously, however not for observation windows
comparable to those found in color ﬂow imaging (8–16).
Velocity spectra of high resolution and contrast (signal-to-noise ratio) could
be generated from observation windows down to 10 temporal samples, making
retrospective PW Doppler from regular color ﬂow imaging a real option. As a result,
a 4–6 times increase in temporal resolution could be obtained in in vivo examples,
while keeping a spectral resolution equal to or increased compared to the conventional
approach. Alternatively, for a given observation window, the frequency resolution
could be increased compared to the conventional approach. However, the transit time
of the scatterers through the sample volume presents a fundamental limitation to the
obtainable spectral resolution, and at high velocities the resolution of the adaptive
methods approached the resolution of the conventional technique.
2A periodogram approach to spectral estimation
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This work is described in the paper ”Spectral Doppler Estimation Utilizing 2-D
Spatial Information and Adaptive Signal Processing”, accepted for publication in IEEE
Transactions on Ultrasonics, Ferroelectrics and Frequency Control, Vol. 59, No. 6,
2012, and presented here in its original form. The candidate was the main contributor
to all aspects of the work.
1.3.2 A new method to limit spectral broadening in PW
Doppler (Chapter 4)
As addressed in the previous contribution, spectral broadening due to the transit
time eﬀect is a major limitation in PW Doppler. At high velocities or when the
angle between the ﬂow direction and the ultrasound beam is close to 90 degrees, the
eﬀect gives a limited spectral resolution, making delineation of the true maximum
velocities challenging. There have been many attempts to improve spectrum and
mean frequency estimation of Doppler signals, but most techniques base the spectral
estimation on samples originating from one spatial position. However, to obtain
improved delineation both in high and low velocity regions, ways to increase the
observation time of the scatterers should be investigated. A new method called 2D
Tracking Doppler is proposed in this work, based on an algorithm ﬁrst described
by Torp and Kristoﬀersen[31]. Instead of increasing the observation window and
keeping the sample volume stationary, the scatterers are tracked from pulse to pulse in
space and time. When correctly tracking the blood scatterer movement, an increased
observation time is achieved, and a velocity spectrum with reduced spectral broadening
can be constructed.
In the initial version of the technique[31], tracking of the scatterers could only
be performed in the radial direction. Improved spectral resolution was therefore
dependent on a small beam-to-ﬂow angle. In this work, plane wave transmission and
parallel beamforming is utilized, which provides the opportunity to do tracking both
in the radial and lateral direction. By following the movement of the scatterers both
radially and between parallel beams, the method is suited for a wide range of beam-to-
ﬂow angles. Computer simulations and in vitro and in vivo ultrasound recordings were
used to investigate the performance of the technique, and improved spectral resolution
was shown for beam-to-ﬂow angles between 40◦and 82◦.
This project was a joint eﬀort with PhD student Tonje Dobrowen Fredriksen.
She did most of the algorithm implementation both for the experimental work and
the simulations. The candidate gave major contributions to algorithm development,
data acquisition, pre-processing and writing. The work is described in the paper
”2D Tracking Doppler: A New Method to Limit Spectral Broadening in Pulsed
Wave Doppler”, submitted to IEEE Transactions on Ultrasonics, Ferroelectrics and
Frequency Control, and presented here in its current form.
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1.3.3 Quantiﬁcation of ﬂow and tissue velocities using multi-
angle plane wave imaging (Chapter 5)
PW Doppler can only provide velocity information from a small region of interest,
however, in that region a detailed look at the velocity distribution is given. Using
manual angle correction of the velocity spectrum, quantitative measurements of e.g.
peak systolic velocity is possible. Color ﬂow imaging on the other hand, provides an
overview of the spatial velocity distribution by displaying the mean velocity of blood
in a 2D or 3D region. As a consequence of shortcomings in conventional color ﬂow
imaging such as the limited measurable velocity span, time consuming line-by-line
acquisition and angle dependent velocity estimates, CFI is only of limited quantitative
use. In relation to carotid artery disease, a 2D or 3D quantitative imaging modality
is desired, as improved visualization of blood ﬂow patterns and robustness in peak
systolic velocity measurements may beneﬁt the patient by providing more detailed
and accurate diagnostic information.
In this work, such a modality was approached using plane wave transmissions and
parallel receive beamforming. This allows larger Doppler ensembles to be acquired
at reasonable frame rates, providing near instantaneous images of blood ﬂow in a
large image region. More speciﬁcally, a quantitative, angle independent, 2D modality
for ﬂow and tissue imaging based on multi-angle plane wave acquisition is evaluated.
Simulations of realistic ﬂow in a carotid artery bifurcation were used to assess the
accuracy of the Vector Doppler (VD) technique, showing both a clear increase in
accuracy when the ensemble length was extended from 8 to 50 samples and good
ability to depict the actual ﬂow conditions.
A comparison to velocity estimates from focused imaging was done using
simulations of stationary parabolic ﬂow in a straight tube. Stationary ﬂow was chosen
as focused acquisition using large ensembles is time consuming and would lead to
signiﬁcant time-lag artifacts if the time-varying ﬂow in the carotid bifurcation model
was utilized. Even though the increased sidelobe level resulted in poor B-mode image
contrast, the accuracy in velocity estimates from single plane wave transmission was
comparable to that of focused Doppler imaging with similar ensemble lengths.
A packet acquisition scheme based on the simulation results was implemented
on a research scanner, and software was developed for oﬄine beamforming, enabling
the technique to be evaluated also in vivo. Promising results for the plane wave
vector Doppler technique were found using healthy volunteers, for both ﬂow and tissue
imaging, as vector velocities could be estimated both in the vessel wall and the blood
simultaneously.
This work is described in the paper ”Simultaneous Quantiﬁcation of Flow and
Tissue Velocities Based on Multi-Angle Plane Wave Imaging”, accepted for publication
in IEEE Transactions on Ultrasonics, Ferroelectrics and Frequency Control (In Press).
The candidate was the main contributor to all aspects of the work. However,
simulations were performed utilizing the CFD-ultrasound coupling code developed by
second author Dr.Abigail Swillens.
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1.3.4 Combined vector velocity and spectral Doppler imaging
of complex ﬂow in the carotid arteries (Chapter 6)
Given the opportunities enabled by plane wave imaging techniques, we developed an
all-in-one modality for imaging of blood ﬂow in the carotid arteries. An imaging
scheme was applied, providing 2D vector velocity blood ﬂow images and PW-Doppler
spectra, in addition to separate B-mode images of suﬃcient quality. Due to limitations
in sensitivity, it was not clear whether the plane wave techniques would work robustly
in a broad range of patients. Both carotid depth and surrounding tissue calciﬁcations
will vary from patient to patient, potentially providing an insuﬃcient signal-to-noise
ratio (SNR). One of the aims of this study was therefore to investigate whether this
would represent a disadvantage which makes plane wave imaging of patients with
carotid artery disease unfeasible in practice.
The modality was evaluated by applying it in a study including 12 patients from
the outpatient vascular clinic. Patient examinations were performed using a research
ultrasound scanner where the all-in-one modality was implemented. Channel RF
data was beamformed and further processed oﬄine. Successful vector velocity images
could be formed in all 12 patients, whose body mass index (BMI) ranged from 21
to 31 (carotid depths from 16–28mm). The modality could provide an increased
velocity span compared to regular color ﬂow imaging and an increased frame rate (63–
66 fps) compared to conventional duplex imaging (≈20 fps). PW spectra of comparable
quality to that of a high end system could be obtained, and by using adaptive spectral
estimation techniques as described in Chapter 3, the contrast and resolution of the
spectra could be increased.
Automation of the clinical protocol with respect to measurements of the peak
systolic velocity was demonstrated, utilizing directional estimates from vector Doppler
to calibrate the velocity spectra for all image points simultaneously. Based on traces of
the maximum velocity and automatic detection of the peak systolic velocity, a spatial
map of the peak systolic velocity could be generated. This represents a new way
of presenting velocity data, and may be beneﬁcial in carotid artery diagnostics by
highlighting regions of high velocity and the extension of the stenotic region, guiding
the examiner to an appropriate placement of the sample volume.
This work is described in the paper ”Combined vector velocity and spectral Doppler
imaging for improved imaging of complex blood ﬂow in the carotid arteries”, submitted
to Ultrasound in Medicine and Biology, and presented here in its current form. The
candidate was the main contributor to all aspects of this work except the important
part of patient examinations, for which Dr. Torbjørn Dahl is gratefully acknowledged.
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1.4 Discussion of results
1.4.1 Alternative spectral Doppler techniques
Two aspects of spectral Doppler estimation were addressed in the ﬁrst two
contributions: i) improving spectral resolution in short ensembles suitable for
retrospective PW Doppler from CFI and ii) improving spectral resolution in regions
of high velocity or near transversal ﬂow by increasing the observation time.
Adaptive spectral estimation techniques
In contribution 1, we investigated how the required observation window in spectral
Doppler could be substantially reduced by utilizing spatial information provided by
parallel receive beamforming in adaptive spectral estimation techniques. One of
the incentives was seeing whether spectra of suﬃcient spectral resolution could be
generated from ensembles with lengths similar to those found in conventional color
ﬂow imaging (typically 8–16 samples), implicating a packet acquisition scheme with
limited options for temporal averaging. Nonparametric spectral estimators compared
to the conventional periodogram approach were the power spectral Capon method
(PSC) and the Amplitude and phase estimation (APES) technique, due to previous
works showing their robustness in general[32] and in the setting of spectral Doppler
ultrasound[33–35]. Additionally, two parametric approaches were included, both based
on eigendecomposition of the signal covariance matrix. The latter techniques are
parametric in the sense that the number of signal components (signal eigenvectors)
needs to be estimated from the signal covariance matrix before spectral locations
are found, adding some complexity to the techniques. Whereas Multiple signal
classiﬁcation (MUSIC) has been considered for use in spectral Doppler estimation
earlier, the projection based Capon technique has not.
It was shown that ensemble lengths shorter than 20 samples could be utilized for
all of the alternative spectral estimation techniques. In fact, ensembles as short as
10 samples could be used for spectral estimation of relatively high spectral resolution
and contrast. Further, due to the high spectral resolution at low velocities, the need
for wall ﬁltering is reduced. At such small ensembles, the PSC method displayed
a higher resolution than the APES method with equal averaging area, and was
therefore the preferred estimator of the two. The diﬀerence in resolution follows from
the estimator formulation; the APES estimator requires temporal averaging in the
estimation of a noise-and-covariance matrix, reducing the eﬀective observation window
further, whereas the full data window may be utilized for spectral estimation in the
Capon formulation. The possibility of formulating the Capon spectral estimate with
no temporal averaging provides an advantage in packet acquisition schemes such as
CFI, where the number of available samples is very limited. On the other hand, some
averaging is needed to support an invertible estimate of the signal covariance matrix in
both estimators, and the lack of temporal averaging in the applied Capon formulation
makes the estimator less robust than APES with respect to averaging area.
The parametric approaches, here represented by the signal subspace projection
based Capon technique and the noise subspace based MUSIC, were able to provide
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spectrograms of a resolution only matched by the PSC technique. The contrast found
in the spectral estimates of the projection based Capon technique was unmatched by
any other estimator. The main disadvantage of the parametric approaches is that the
dimensions of the signal and noise subspaces must be estimated for every new time
instant in the periodogram, as the blood signal varies throughout the cardiac cycle,
leading to higher computational load. MUSIC has the additional disadvantage that
only the pseudospectrum is estimated. The dimensions of the signal subspace were
estimated using a cross spectral metric[36], however, other techniques might be more
eﬃcient or more robust. If the estimated number of signal components is incorrect,
the spectra can be obscured by spurious peaks (too many components) or contain only
the clutter signal (too few components), a challenge which here manifests itself most
clearly in the time of highest ﬂow acceleration (highest bandwidth). This represents
the more severe drawback of using the projection based Capon technique over the PSC
approach, and one should be aware that while noise is eﬀectively blocked, the same
could be the case for the signal if the eigenvector inclusion criterion is too strict.
The 2D Tracking Doppler technique
In contribution 2 the aim was no longer to reduce the required observation window,
but rather to increase the observation time of the moving scatterers. By increasing the
observation time, the eﬀects of spectral broadening due to the transit time eﬀect may
be reduced, providing increased velocity resolution in high velocity regions. Similar to
two of the adaptive spectral estimation techniques, the 2D Tracking Doppler algorithm
can also be regarded as parametric, as it requires the ﬂow angle as an input for
the estimation procedure. The assumed ﬂow angle is used to resample the Doppler
signal along an oblique line in space, using both radial and lateral samples (several
parallel receive beams). Several slow-time3 instances of the resampled signal are
further summed along straight lines in a domain spanned by space and slow-time,
where summation along diﬀerent angles contribute to the power in diﬀerent velocity
cells of the power spectrum. A similar approach was taken by Alam and Parker in
the ”butterﬂy search” technique[37], but the approach was limited to track along the
direction of the beam, which will only improve the performance in situations with
small beam-to-ﬂow angles.
The 2D Tracking Doppler technique could produce an increased velocity resolution
for a wide range of beam-to ﬂow angles (40◦–82◦), and also to increase the SNR, both
in vitro and in vivo. The increase in SNR can be explained by the inherent properties
of noise and the tracking Doppler technique. Along trajectories where the velocity is
constant, the signal will match in phase when summed, whereas the contribution from
noise will not.
Simulations of the expected Doppler power spectra were performed using an
extended version of the signal model used in[31]. The extended model included thermal
noise and clutter ﬁltering. Out-of-plane movement was not taken into account. The
simulated spectra therefore describe an ideal situation where the ﬂow direction is in
the imaging plane and the beam-to-ﬂow angle is measured precisely. Any out-of-plane
3Explanation of the expression slow-time is found in Section 2.1.3
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movement or incorrect positioning of the tracking line would broaden the main lobe
of the power spectrum. However, the simulated spectra corresponded well with the
spectra generated from the in vitro recordings, in a relevant case both showing 4 times
increase in spectral resolution, and 7 dB increase in spectral SNR.
An important challenge for the practical implementation of the 2D Tracking
Doppler method is to extract data along the correct trajectory through a 3D (2D
tracking + time) domain, following the movement of the blood scatterers. The
trajectory was in this study determined from a B-mode image of the geometry and
chosen as a straight line. Curved ﬂow ﬁelds, accelerated ﬂow and turbulent ﬂow were
not considered in this work, and steady-state ﬂow conditions were assumed. The
latter is, however, justiﬁed for the observation times used, which were ≤ 10ms. To
avoid broadening of the velocity spectrum, the ﬂow has to be constant for a length
corresponding to the tracking length. In this work the tracking length was 1.5 cm
(at the highest velocities), which could be too long in the more complex situations
described above.
1.4.2 Plane wave vector Doppler imaging of the carotid arteries
In contribution 3 and 4, we address the angle dependency in blood ﬂow imaging. More
speciﬁcally we investigate how plane wave imaging can be utilized to obtain robust
vector Doppler estimates of ﬂow in the carotid arteries at suﬃcient frame rates to
capture complex ﬂow patterns. It is also shown that calibrated PW Doppler spectra
can be obtained retrospectively at all points in the image simultaneously, providing an
opportunity to display the velocity information as a spatial map of the peak systolic
velocities.
Simultaneous quantiﬁcation of ﬂow and tissue velocities
In contribution 3, the robustness of plane wave vector Doppler imaging was
investigated using both simulations and in vivo recordings. Based on the simulations,
it was found that by increasing the ensemble length from 8 to 50 samples, the
robustness of the vector Doppler technique was signiﬁcantly increased. The root-
mean-square (RMS) deviation in the z-component (normal to the transducer surface)
of the velocity was reduced by approximately 70%, while the RMS deviation in the
x-component (parallel to the transducer surface) was reduced by approximately 80%,
resulting in a good depiction of even complex ﬂow ﬁelds. The increased robustness
obtained by using an increased ensemble length can partly be attributed to the
properties of the clutter ﬁlter, as they, depending on how much signal is removed,
may introduce bias in the autocorrelation estimates and signal dropouts due to
segmentation algorithms. By using large ensemble lengths, desirable ﬁlter properties
can be obtained by most common clutter ﬁlter designs, but an additional variance
reduction is achievable when using polynomial regression ﬁlters, as more temporal
samples are available for averaging.
The main advantage of using plane wave imaging is the high acquisition rate,
enabling extremely high frame rates, or alternatively, relatively high frame rates
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and increased image quality. The packet acquisition approach investigated in this
work aimed for the latter category, allowing large ensembles for velocity estimation,
and B-mode images to be built during an interruption of the Doppler sequences.
We demonstrated that robust vector Doppler estimates in a large region of interest
could be achieved in a duplex context in vivo, with a frame rate of 63Hz, which is
acceptable for quantitative analysis. The frame rate was limited due to the number
of B-mode compound angles and the pulse repetition frequency causing heating of
the transducer surface. The maximum angle of ± 7.2◦ and 43 compound angles
resulted in a spatial resolution and contrast corresponding to that of focused imaging
with a transmit F-number of 4[38]. However, if 30 transmissions were used for B-
mode at 12 kHz, and 30 transmissions were used for Doppler at 4 kHz, a modality
including both B-mode, vector Doppler and retrospective PW Doppler at a frame rate
of 100Hz is achievable, where the B-mode image contrast only needs to be slightly
compromised[38]. Another option is to interleave focused B-mode transmissions with
plane wave Doppler transmissions on the expense of a reduced B-mode frame rate.
This could provide good temporal resolution for PW- and vector Doppler imaging
in addition to good spatial resolution and contrast in the B-mode image, and was
investigated further in contribution 4. As the movements in tissue are of a slower
nature than blood ﬂow, a lower B-mode frame rate can usually be accepted.
An additional aim of this study was to see whether both ﬂow and tissue velocities
could be extracted from the same vector Doppler acquisition scheme. Simulations of
slowly rotating ﬂow and recordings in healthy volunteers indicated that tissue vector
Doppler was indeed possible. However, when the accuracy found from simulations
was compared to velocity estimates found in vivo, the diastolic velocities seemed to be
comparable to the RMS error. On the other hand, the presented tissue velocity spectra
and autocorrelation estimates were convincing in their correspondence, and indicated
that the velocity magnitude was correctly identiﬁed. One explanation of the seeming
discrepancy could be that the obtained accuracy from simulations includes velocities
from all possible angles with the transmit/receive beam direction. This will give a
lower accuracy than a situation with smaller beam-to-velocity angles. Another, and
probably more important, diﬀerence, is the more uniform velocity found in the vessel
wall compared to the cylindrical phantom used in simulations. Due to the large side
lobes of the plane wave point spread function, neighbouring voxels will have a larger
inﬂuence on the RMS error in the cylindrical phantom where a velocity gradient is
present, than in the more uniform movement of the tissue in vivo. However, further
investigations in the accuracy of tissue velocity imaging should be done using more
realistic simulations of vessel wall movement through the cardiac cycle, similar to what
was done for ﬂow in the carotid bifurcation.
Combined vector velocity and spectral Doppler imaging of complex ﬂow
Contribution 4 presented results from an all-in-one modality utilizing plane wave vector
Doppler imaging. The modality was tested in a population of patients with carotid
artery disease, and could provide successful vector Doppler images and retrospective
velocity spectra from patients within a BMI range of 21 to 31. Although successful
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in the small group of patients, a limitation of the study was that none of the patients
had a large degree of calciﬁcations, another that only the carotid arteries were imaged.
Calciﬁcations and the increased depth of the vertebral arteries would increase the
imaging challenge, and it is still unknown whether the plane wave approach would be
successful under such circumstances.
To avoid excessive transducer surface heating, a compromise between penetration
depth and pulse repetition frequency was encountered, limiting the maximum
measurable velocity. However, superﬁcial vessels generally lie parallel to the skin
surface, giving relatively large beam-to-ﬂow angles. In result, most of the patients
imaged had Doppler shifts supported by the given velocity range. Still, in severely
stenosed regions and in branches, aliasing could appear.
Both focused and unfocused transmissions could be used to build the B-mode
images. Advantages of using focused B-mode imaging include increased penetration,
resolution and contrast. By utilizing an interleaved acquisition scheme, these
advantages can be obtained without compromising the Doppler frame rate, although
at the cost of a reduced B-mode frame rate. However, when applied to carotid
imaging, where the tissue movement is small compared to blood ﬂow or myocardial
contractions, an interleaved approach is justiﬁed. The plane wave scheme, where
unfocused transmissions were used both for ﬂow and tissue imaging had a common
frame rate for the B-mode and ﬂow images. However, further investigation should be
done to ﬁnd an optimal number of imaging angles for the coherent compounding, as
the span in angles chosen in our application corresponds to a transmit F number of 4,
providing lower lateral resolution than the focused approach. Fewer transmitted plane
waves and a larger angle span would give an increase in the frame rate and the lateral
resolution respectively, however with a reduction in contrast and SNR.
The modality could provide spectra of suﬃcient temporal resolution and contrast
for quantitative analysis. Both conventional and adaptive spectral estimation
techniques could be used to generate maps of peak systolic velocities, and examples
of spectra generated by both techniques were given. Increased computational time
is a disadvantage of the adaptive techniques, but as the PW spectral estimation is
retrospective in our application, the slight increase in computational complexity is
tolerable when higher spectral resolution and contrast are obtained.
Calibration of the spectra at all points in the image was done using the ﬂow
direction estimates from vector Doppler. Further, automatic baselineshift and traces of
the peak velocities could be used to form a spatial map of the peak systolic velocities.
In such a map, regions of high velocities are highlighted, aiding the patient examiner in
placement of the sample volume. Assessing the peak systolic velocity is an important
part of the clinical protocol when a patient with carotid artery disease is examined,
and the measured value is one of the selection criteria for carotid endarterectomy. In
that respect, automatic angle correction of the velocities would be beneﬁcial, as this
may reduce both intra- and interobserver variability[39]. The extent of the stenotic
region is also important, and because the velocities displayed in a regular color ﬂow
image is dependent on a beam-to-ﬂow angle which is changing during the course of
the stenosis, the extent of the region may be visualized better in a map of the peak
systolic velocities.
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Further work should focus on developing more robust techniques for estimation
of the peak velocity, and also compare estimates of peak systolic velocities found
using the diﬀerent spectral estimation techniques, including the 2D tracking Doppler
technique described in Chapter 4. Comparison of the diﬀerent techniques in a
situation of known maximal velocity is important as the increased velocity resolution in
alternative spectral Doppler techniques may reduce the peak systolic velocity estimate
as compared to regular PW Doppler. As overestimation of the peak systolic velocity
is a known phenomenon in the literature[23, 40, 41], reduced spectral broadening may
be beneﬁcial. However, new techniques may introduce measurements which are not
consistent with current criteria for grading of stenoses, and a thorough investigation
of the accuracy of the alternative spectral estimation techniques and the automated
calibration is needed.
1.5 Concluding remarks
This work has focused on pulsed Doppler applications, and is a contribution to the
continuously developing ﬁeld of blood ﬂow imaging. We have shown that by using
adaptive estimation techniques, exceptionally short ensembles may be used for spectral
estimation, and that retrospective PW Doppler from ensembles used in conventional
color ﬂow imaging is feasible. However, the methods are more computationally
demanding than the regular periodogram approach. Additionally, care should be taken
when applying parametric methods which require estimation of the number of signal
components. Signal space estimators provide eﬀective reduction of noise, but if the
inclusion criteria are too strict, they may also lead to signal suppression.
We have shown that by tracking in 2D, reduced spectral broadening may be
obtained by increasing the eﬀective observation time of the scatterers, improving
spectral resolution in high velocity regions and in regions with near transversal ﬂow.
However, regions of accelerated or disturbed ﬂow still present a challenge, and further
work should investigate whether it is possible to improve velocity delineation also
under such conditions.
On the topic of vector velocity estimation, we have shown that plane wave imaging
is a feasible approach, where the high acquisition rate enables large ensemble lengths
and thereby less drop-outs in color ﬂow imaging, in addition to high robustness in
the vector Doppler estimates. A combined acquisition providing spectral and vector
Doppler information in a packet scheme with B-mode imaging was implemented on
a research ultrasound system, and tested in a group of patients with carotid artery
disease. The results gave promising results for plane wave vector Doppler in vivo.
By combining spectral and vector Doppler estimates, an alternative way of presenting
velocity information was demonstrated, which may aid in measurements during the
examination protocol. However, it is still unknown whether the plane wave imaging
approach will be a success in patients with a large degree of calciﬁcations, as such
cases were not present in the investigated patient population.
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Further work
Hopefully, this thesis work may be continued, as there is room for further development
in all of the investigated techniques. Some suggestions of further work have already
been mentioned in Section 1.4, and some are discussed in the chapters containing the
diﬀerent contributions. However, short descriptions of possible continuations are also
given here.
As the projection based Capon technique gave very promising results for short
ensemble spectral estimation, more robust techniques for estimation of the number
of signal components should be developed and evaluated using known velocity ﬁelds.
It would also be interesting to compare the adaptive spectral estimation techniques
to the 2D Tracking Doppler technique and whether it is possible (and desirable) to
combine them.
A controlled study of stenosis grading utilizing the alternative spectral estimation
techniques and the conventional techniques should be performed. The grading should
preferably be done by experienced clinicians and in a controllable environment.
Whether additional reduction in measurement variability is obtained by utilizing
automatic calibration of the velocity spectra should also be looked into.
In this work we focused on blood ﬂow imaging. However, since it was found that
also tissue velocity estimates could be extracted from the same acquisition, further
work should focus on development on more sensitive motion detection algorithms and
the extension to wall strain estimation. Simulations of similar complexity as applied
here for ﬂow imaging should be used, and feasibility studies could be performed using
the current patient material. A small feasibility study for imaging plaques before
and during carotid endarterectomy has been approved by the Regional committee for
medical and health research ethics, and will be used to see whether these techniques
are sensitive enough to quantify plaque deformation.
Vector Doppler estimation techniques have low computational complexity, and
should therefore be suited for real-time implementation on a high end ultrasound
system. Until now, the possibility to do fully parallel beamforming has been limited,
but due to the continuous increase in memory and computational power of commercial
ultrasound systems, real-time vector Doppler in a large imaging region could be
realized in a not too distant future. These technological advances may also support
the real-time implementation of alternative spectral estimation techniques.
1.6 List of publications
In addition to published and unpublished manuscripts included in this thesis, written
and oral contributions have been made to national and international conferences. A
list of the material to which the candidate has been a contributor is included in the
following.
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Chapter 2
Background
In the following sections, a brief introduction to diagnostic ultrasound in general and
blood ﬂow imaging in particular is given. The purpose is to give the unfamiliar reader
a more comprehensive background for techniques applied throughout this work. The
text is inspired by many textbooks on diagnostic ultrasound imaging, and for a more
extensive description of the topics, please refer to [1–6]. At the end of the chapter, some
background on ultrasound imaging of atherosclerotic disease will also be provided.
2.1 Diagnostic ultrasound imaging
The origin of image formation in ultrasound is the diﬀerence in compressibility
and density between materials in the body, causing reﬂection and scattering of the
ultrasound beam. By assuming constant speed of sound c, it is possible to determine
the distance z to diﬀerent objects in the body, using the relation
z =
c t
2
, (2.1)
where t is the time from transmission of the ultrasound wave to reception of the
backscattered echoes.
Transmission of ultrasound in medical diagnostics is most often performed using a
transducer with piezoelectric elements. When a voltage of changing polarity is applied,
the elements expand and contract, causing tissue in contact with the transducer surface
to vibrate and ultrasound waves to radiate into the tissue. The other way around, a
transducer can also convert acoustic vibrations into an electric voltage, and thus may
also be used to receive backscattered ultrasonic waves.
The transmitted ultrasound ﬁeld is attenuated during its progression through
tissue, by approximately 0.5 dB/cmMHz[2]. This means that although the resolution
of ultrasound imaging is proportional to the frequency of the transmitted pulse, a
compromise between penetration depth and resolution is encountered: the attenuation
increases with increasing frequency. Diagnostic ultrasound usually operates in the
range of 2–10MHz when imaging through the skin, but frequencies up to 40MHz have
been used intraoperatively and when ultrasound catheters are used for imaging from
the inside of blood vessels.
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2.1.1 Focused imaging
Conventional ultrasound imaging is based on transmission of focused ultrasound
beams. Diﬀerent parts of the transducer referred to as (sub-)apertures are used to
generate ultrasound beams with reduced beam width and increased pressure at certain
depths. Focusing may be obtained by using an acoustic lens, a curved aperture, or
by delaying the diﬀerent transducer elements to form a curved wavefront. An image
is built by steering the transmit beam in diﬀerent directions or moving the aperture
by switching the transducer elements on and oﬀ. One image line is formed for every
transmit beam by delaying and summing the received signal from each element in the
active aperture. The resulting grayscale depiction of the insoniﬁed region is commonly
called brightness mode or B-mode imaging.
Whereas the axial resolution in ultrasound imaging is determined by the pulse
length and the frequency of the transmitted ultrasound ﬁeld, the lateral resolution is
determined by the transmit and receive beam width. Deﬁned by the distance from
the beam axis to a -3 dB drop in the pressure amplitude, the beam width Df at focus
depth is given by
Df =
λzf
D
= F#λ, (2.2)
where λ is the wavelength, zf is the focus depth and D is the size of the aperture.
Similar to imaging with a regular camera, the ratio between the focus depth and the
active aperture is called the F-number, F#. When focusing both on transmit (tx) and
receive (rx), the two-way F# is given by
F#tr =
(
1
F#tx
+
1
F#rx
)−1
. (2.3)
2.1.2 Plane wave imaging
In plane wave imaging, an unfocused ultrasound beam is emitted using the full aperture
to insonify a broad region of interest. Parallel beamforming is used on receive[7, 8],
which means that multiple image lines are formed from every pulse transmission. An
illustration of the wavefronts originating from focused and unfocused transmission can
be found in the left panel of Fig. 2.1, where the dashed lines illustrate the number of
image lines per transmitted pulse. Parallel receive beamforming can also be utilized
in conjunction with focused transmission, however the number of receive beams is
limited by the transmit beam width, and image artifacts may be generated due to
misalignment of transmit and receive beams[9].
The concept of plane wave imaging was introduced for B-mode imaging by
Delannoy[10], and has later been applied to both elastography[11] and blood ﬂow
imaging[12–14]. The broad imaging region enables fast acquisition of ultrasound
images, which is why plane wave imaging is sometimes referred to as ultrafast
ultrasound imaging. A related approach which also allows high acquisition rates, is
synthetic transmit aperture imaging, where defocused pulses are emitted using small
subapertures, and several low-resolution images are added to obtain retrospective
transmit focusing[15, 16].
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Figure 2.1: Simulations of focused and plane wave transmission (left) and imaging
(right). The left panel illustrates that by using plane instead of focused transmissions,
a large number of parallel receive beams may be generated per pulse. The right panels
show simulated images of point scatterers using focused and single plane wave imaging.
The main limitation of plane wave transmission is the reduced penetration due
to lack of transmit focusing, as well as decreased contrast and lateral resolution
(F#tr = F#rx when zf → ∞). This is illustrated in the right panels of Fig. 2.1,
where true point scatterer locations are indicated by black circles overlaid simulated
images from both focused and single plane wave imaging. However, it has recently
been shown that by coherently adding the low resolution images from several transmit
angles, retrospective transmit focusing may be achieved also in the case of plane wave
transmission[17]. A comparison of images constructed from single and multiple plane
wave transmissions, in addition to conventional focused imaging, can be found in
Fig. 2.2.
2.1.3 Doppler imaging
Ultrasound imaging of moving objects is often called Doppler imaging. The term
Doppler is used because an ultrasound wave reﬂected by a moving scatterer will
experience a shift in frequency, similar to that observed by Christian Doppler in light
from stars approaching or receding from us. It can be shown[5] that the shift in
frequency is equal to
fd = 2f0
v cos θ
c
, (2.4)
where the transmitted frequency is f0, the scatterer velocity is v, the speed of sound
is c and θ is the angle between the ultrasound beam and the velocity direction of the
scatterer. The equation is valid when v cos θ  c. Typical velocities for blood ﬂow
in the healthy carotid arteries are up to 1m/s, while it in stenotic regions may reach
as high as 2–3m/s. When using a transmit frequency of 5MHz, the possible Doppler
shifts are in the audible range; from 0 to 20 kHz.
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Figure 2.2: The ﬁgure shows the carotid artery bifurcation of a healthy volunteer,
imaged using focused and unfocused transmit beams. Upper left: Focused transmit
beams, Ftx# = 2. Upper right: Coherent compounding corresponding to Ftx# = 2.
Lower left: Coherent compounding with reduced angle span and number of
transmitted plane waves. Lower right: Single plane wave image. Dynamic range
40 dB
Are we really utilizing the Doppler shift?
Although the term Doppler imaging is used for several modalities measuring blood
or tissue movement, the actual Doppler frequency shift is only used in Continuous
Wave (CW) Doppler, where a single frequency is continuously emitted into the tissue
by one part of the transducer aperture, while the backscattered signal is received
simultaneously by a diﬀerent part of the aperture. The overlap region between the
two transmit and receive beams deﬁne the sample volume, resulting in a lack of range
resolution, especially for closely placed transmit/receive beams. An advantage of CW
Doppler, however, is that the Doppler signal is measured ”continuously”, which means
that in practice, the technique is not limited by a maximum measurable velocity.
Two other modalities are also commonly referred to as Doppler-based, namely
Pulsed Wave (PW) Doppler, and Color Doppler Imaging (often referred to as Color
Flow Imaging, or CFI). These modalities are based on pulsed transmissions, where a
series of ultrasound pulses are transmitted into the tissue with a certain pulse repetition
frequency (PRF). Movement of scatterers through the sample volume will still cause
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a shift of the emitted frequencies. However, due to frequency dependent attenuation
and scattering, it is almost impossible to measure the change in frequency content of
the pulse originating speciﬁcally from the Doppler eﬀect.
Instead of estimating the Doppler shift directly, pulsed techniques for velocity
estimation analyze changes in the backscattered signal between successive pulse
emissions. Both the change in time-of-ﬂight for a certain scattering signature
(originating from a deﬁned group of scatterers), and the rate of change in the phase
returning from a certain sample volume may be used, but in commercial ultrasound
systems the phase-shift techniques dominate due to a lower computational complexity
and high robustness even in situations with low signal-to-noise ratio (SNR). The
advantage of using pulsed transmissions is that by using the relation between time-
of-ﬂight, sound velocity and depth as used in regular pulse-echo imaging (2.1), range
resolution is obtained. On the other hand, a limitation in the maximum measurable
velocity is introduced by sampling the Doppler signal at a rate given by the pulse
repetition frequency.
Sampling of the backscattered signal is normally done in two dimensions, both in
the radial direction where a high sampling frequency is utilized (40–80MHz), called
fast-time, and between pulses in intervals given by TPRF = 1/PRF (typically 1–
12 kHz). The signal from one depth range sampled from pulse to pulse is referred to
as the slow-time signal. An illustration of the sampled signal from a single scatterer
moving through an ultrasound beam can be found in Fig. 2.3, where the slow-time
signal from one range is seen as the waveform in the lower right corner. With reference
to the diﬀerent receive lines from the single scatterer in Fig. 2.3, the phase shift between
any pair of received signals can be estimated, enabling assessment of the velocity of the
scatterer. Alternatively, the velocity can be estimated from the center frequency of the
slow-time signal. Techniques for estimating the full spectral content of the slow-time
signal is discussed in further detail in Chapter 3 and 4 and will not be repeated here.
A simple model for pulsed Doppler velocity estimation
A simple model for the phase change between pulse emissions can be derived by looking
at the single scatterer illustrated in Fig. 2.3, moving through an ultrasound beam
with velocity v, directed at an angle θ with the beam axis. A derivation provided
by Jensen[5] will be reproduced here to provide some insight into velocity estimation
where the true Doppler shift is not utilized.
The scatterer illustrated in Fig. 2.3 will move a distance Δz = v cos θ TPRF =
vzTPRF in the radial direction between successive pulse emissions. Due to the change in
position of the scatterer, the backscattered signal from two successive pulse emissions
will be shifted in time by
Δt =
2vzTPRF
c
.
The phase change will increase as a function of pulse number, k, and assuming
sinusoidal signal transmission, the received signal, r(t, k) from the moving scatterer is
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Figure 2.3: A depiction of pulsed Doppler imaging of a single scatterer moving
through the ultrasound beam. A stationary scatterer is present at z0, while the
moving scatterer crosses the beam starting at depth z1. The slow-time signal is
sampled at depth zm, resulting in the sampled waveform shown to the lower right. A
typical representation of the 2D Fourier transform of the fast-time–slow-time plane is
also depicted, illustrating frequency components originating from stationary scatterers
(clutter), moving scatterers (blood) and thermal noise.
given by
r(t, k) = a sin
(
2πf0
(
t− 2z1
c
− kΔt
))
,
where z1 is the initial depth of the scatterer, and a the backscattered amplitude and
t is fast time. Setting t = tm corresponds to measuring the backscattered signal at a
predeﬁned depth zm, giving
r(tm, k) = a sin
(
2πf0
(
tm − 2z1
c
− k 2vzTPRF
c
))
= −a sin
(
2π
2vzf0kTPRF
c
− φm
)
.
φm = 2πf0(tm − (2z1/c)) is a constant phase factor, while the ﬁrst term in the
parenthesis gives the frequency of the slow time signal
fr = 2f0
vz
c
, (2.5)
which is similar to the equation used to interpret the true Doppler shift (2.4) and
proportional to the axial blood velocity.
Fortunately, factors such as absorption and diﬀraction do not change much
between pulses, and this consistency makes pulsed Doppler relative insensitive to
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(a) PW Doppler spectrogram (b) Color ﬂow image
Figure 2.4: Two pulsed Doppler techniques are demonstrated. In (a), a PW Doppler
spectrogram is shown, providing velocity information from a sample volume in the
heart. The sample volume is indicated by the two parallel lines in the B-mode image
on top. Image (b) shows a color ﬂow image from the carotid artery bifurcation. The
axial velocities are encoded in colors, red colors indicating ﬂow towards the transducer
and blue colors indicating ﬂow receding from the transducer. The colorbar has units
in cm/s.
these confounders. However, variations and loss caused by diﬀraction of the beam
and frequency dependent absorption aﬀect general sensitivity.
2.2 Blood ﬂow imaging
CW and PWDoppler techniques provide velocity spectra from a certain sample volume
over time, displayed as a spectrogram. An example of a PW Doppler spectrogram is
given in Fig. 2.4(a). These spectra provide valuable quantitative information on the
blood velocities in the region of interest, but cannot provide an overview of the ﬂow
conditions in a larger spatial region. As it is unpractical to show spectrograms from
many spatial locations simultaneously, other means of displaying velocity information
in a 2D or 3D region have been developed, and a brief introduction will be given here
under the collective term blood ﬂow imaging techniques.
2.2.1 Color ﬂow imaging
Color ﬂow or color Doppler imaging is a modality where a dynamic display of blood
velocity and relative direction (towards or away from the transducer) is provided
in a 2D or 3D image region. The velocity information is encoded in colors, giving
the modality its name, where red colors indicate ﬂow towards the transducer and
blue colors indicate ﬂow away from the transducer. The velocity information is
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displayed overlaid a dynamic B-mode image, and the combined information gives a
good impression of the blood ﬂow in vessels and organs such as the heart.
To be able to image the blood ﬂow in an image region sized closer to a B-mode
image than a single sample volume, rapid acquisition of mean velocity estimates from
a large number of directions is needed. Development of 2D ﬂow imaging techniques
started in the 1970s and 1980s[18–24], and early attempts were based on PW Doppler
from several range gates in depth and from several beam directions. However, to be
accurate, these PW Doppler based techniques needed a large number of samples, and
blood being quasi-stationary for only 2–10ms made it diﬃcult for these techniques to
capture the ﬂow dynamics in a 2D region. Estimators which could ﬁnd the velocity
based on 2–10 samples instead of hundreds were therefore investigated, aiming to
achieve real time blood ﬂow imaging in a larger image region.
The ﬁrst successful real-time color ﬂow imaging systems were based on the
autocorrelation approach[25, 26], and emerged in the 1980s. This is a robust
estimator[27], and is still the most common approach for mean velocity estimation
in commercial ultrasound systems, although many alternative time-domain estimators
have been suggested[28–33]. The autocorrelation technique had been described even
earlier in the weather-radar community[34, 35], where it is known as the pulse pair
estimator[36].
As the mean velocity derived from the autocorrelation technique is used as a basis
for vector Doppler imaging in later chapters, a more thorough explanation of the
estimator is given in the following.
The autocorrelation estimator
In reality, a large number of scatterers will pass trough the sample volume at all times.
The combined backscattered echoes produce a received signal that can be modeled as
a complex Gaussian random process, whose velocity content can be determined by
the power spectrum of the slow-time signal[2]. The autocorrelation estimator is used
to calculate the ﬁrst spectral moments of the power spectrum; the signal power, the
mean frequency and the bandwidth. Through the Wiener-Khinchin relation, the power
spectrum G(f) and the autocorrelation function R(τ) form a Fourier transform pair,
which can be expressed using the mean Doppler frequency fd:
R(τ) = ei2πfdτ
∫ fN
−fN
G(f)ei2π(f−fd)τ df, (2.6)
where fN = PRF/2. We see that when the integral is real, the mean Doppler frequency
can be found from the argument of R(τ). This implies that the imaginary part of the
integral in (2.6) is zero, that is
RI =
∫ fN
−fN
G(f) sin(2π(f − fd)τ) df = 0. (2.7)
As seen from (2.7), the autocorrelation estimate of fd will be unbiased if the power
spectrum is symmetric around fd. As a consequence, white noise will not bias the
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Figure 2.5: An illustration of the components of the integral in (2.7). The
autocorrelation estimate of the mean Doppler frequency will not be biased by some
aliased frequency components if the power spectrum is symmetric around fd. The
ﬁgure was adapted from[37]
autocorrelation estimate due to its symmetric spectrum. An almost unbiased estimate
can be provided also for asymmetric spectra, given that the power spectrum contains
frequencies only in a narrow band compared to the sampling frequency. Another
advantage of the autocorrelation estimator, which is illustrated in Fig. 2.5, is that
it will remain unbiased even if some frequency components of the power spectrum
are aliased[37]. This is not the case for the power weighted mean Doppler frequency
estimate
fˆd =
∫ fN
−fN fGˆ(f) df∫ fN
−fN Gˆ(f) df
, (2.8)
where spectral components beyond the Nyquist limit (± PRF/2) will result in a biased
estimate of the mean Doppler frequency.
In practice, the autocorrelation function of lag one R(1) is estimated from the
complex demodulated Doppler signal from ﬁxed spatial positions x(k), as
Rˆ(1) =
1
Np
Np−1∑
k=0
x(k)∗x(k + 1), (2.9)
where ∗ denotes the complex conjugate and Np is the number of slow-time samples.
The mean velocity is obtained by applying (2.5) and a frequency scaling factor PRF2π
to the argument of Rˆ(1), giving
vz =
 Rˆ(1)PRFc
4πf0
=
fˆd c
2 f0
. (2.10)
31
2.2. Blood ﬂow imaging
From the Nyquist-Shannon sampling theorem, the maximum measurable Doppler
frequency is equal to half the sampling frequency. By inserting fd,max =
PRF
2 into
(2.10), the maximum measurable velocity becomes
vz,max =
c PRF
4 f0
, (2.11)
and the maximum measurable velocity in a pulsed Doppler scheme is therefore
determined by the pulse repetition frequency and the transmit frequency.
The variance in the velocity estimates from autocorrelation decrease with an
increased number of observations (an increased ensemble length). Additional variance
reduction may be achieved by spatial averaging[38]. As a result, there is a trade-oﬀ
between the statistical robustness of the velocity estimates and temporal and spatial
resolution.
2.2.2 Clutter ﬁltering
The backscattered signal from blood is much weaker than that from muscular tissue
(40–100 dB diﬀerence), and this so-called clutter signal will completely dominate
velocity estimates if it is not rejected. Fortunately, the velocity of blood scatterers
is in many cases higher than that of slowly moving tissue, and a high pass ﬁlter may
be used to separate blood and clutter signal. However, the clutter ﬁlter will also
remove components of low velocity ﬂow, limiting the minimum measurable velocity in
blood ﬂow imaging techniques. This means that in practice, the measurable velocity
span is decided by properties of the clutter ﬁlter and the Nyquist velocity given in
(2.11).
Clutter ﬁlters for use in blood ﬂow imaging should have suﬃcient stop-band
attenuation to reject the clutter component (70–80 dB is enough in most cases), and a
short transition region to minimize the removal of signal from blood. As the number
of signal samples acquired in conventional CFI is low (8–16), clutter ﬁlter design may
be a challenging task. Several clutter ﬁlter designs have been considered in the past,
including FIR ﬁlters, IIR ﬁlters and polynomial regression ﬁlters[39–41]. A short
description of these ﬁlters will be given in the following.
FIR (ﬁnite impulse response) ﬁlters may be described by the convolution of an
impulse response function h(n), n = 0, 1, ...,M − 1 and the input signal x(k), k =
0, 1, ..., Np − 1, as
y(k) =
M−1∑
n=0
h(n)x(k − n). (2.12)
FIR ﬁlters have the advantage of being time invariant and have low computational
complexity. However, some samples have to be discarded after ﬁltering due to
initialization eﬀects. Due to the increase in variance of the autocorrelation estimate
with a decreasing number of signal samples, the ﬁlter order should be kept low to
avoid discarding too many.
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The output of IIR (inﬁnite impulse response) ﬁlters is dependent on both present
and past input samples, as well as past output samples. IIR ﬁlters may be described
using the diﬀerence equation
y(k) = −
M∑
n=1
anx(k − n) +
M∑
n=0
bnx(k − n) (2.13)
As the input signal in CFI is of relatively short length, the transient response of the
ﬁlter becomes important, and several diﬀerent techniques for reducing the transient
have been considered, see for instance[41].
Polynomial regression ﬁlters calculate the best least squares ﬁt of the signal to
a set of polynomials modeling the clutter signal, and subtract this from the original
signal. The output of the ﬁlter then becomes
y = (I−
M−1∑
n=0
bnb
H
n )x, (2.14)
where H is the conjugate transpose, I is the identity matrix and bn are orthonormal
basis vectors spanning the M-dimensional clutter signal subspace. The Legendre
polynomials form such a basis, and are typically used in polynomial regression
ﬁlters[40]. The frequency response of polynomial regression ﬁlters vary both with the
clutter space dimension M and the ensemble length Np, so to obtain similar stopband
attenuation for increasing ensemble lengths, the clutter space dimension must also be
increased.
An advantage of the polynomial regression ﬁlters is that they have a smooth and
monotonic frequency response, and for equal stopband width, they have a shorter
transition region than FIR ﬁlters[42]. As no samples need to be discarded after
ﬁltering, an additional reduction in variance of the autocorrelation estimates may
also be achieved[42]. A disadvantage of regression ﬁlters is that they are not time
invariant, which causes frequency distortion in the transition region of the ﬁlter[40].
2.2.3 Vector velocity imaging
Once the clutter has been rejected, the Doppler signal may be further processed to
ﬁnd the blood velocities. Color ﬂow imaging, CW and PW Doppler are all one-
dimensional techniques, meaning that only the axial velocity component is estimated
and displayed. This is a major limitation in blood ﬂow imaging, especially as most
major blood vessels run parallel to the skin surface, making the dominant direction
near orthogonal to the ultrasound beam. The one-dimensional display may also lead
to non-intuitive visualization of the blood ﬂow, as the color will change abruptly in
cases where the relative direction of the ﬂow changes from towards the transducer to
away from the transducer.
Several approaches have been suggested to overcome the angle dependency in color
ﬂow imaging. The two main approaches are vector Doppler imaging and speckle
tracking, however, alternative techniques have also been suggested. Since the focus of
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Figure 2.6: An illustration of the speckle tracking concept. The best match of a given
kernel region is searched for in a larger search region of a subsequent acquisition. The
velocity can be calculated based on the estimated displacement and the time between
image acquisitions. The ﬁgure was adapted from[44].
two of the contributions in this work is plane wave vector Doppler, this technique will
be explained in more detail than the alternatives.
Speckle tracking
Speckle tracking was proposed in the 1980s[43], and is based on tracking the
interference pattern from blood, called speckle, between consecutive ultrasound images.
Due to the computational demands of performing two- or three-dimensional cross-
correlation on RF data, means to reduce the complexity have been suggested. Today,
commonly used techniques include using the sum of absolute diﬀerences (SAD) or
the sum of squared diﬀerences (SSD) on the signal envelope to ﬁnd estimates of
displacement between consecutive image frames. An illustration of the speckle tracking
concept is given in Fig. 2.6.
The main challenges in speckle tracking are related to clutter ﬁltering[42] and
decorrelation of speckle pattern due to irregular ﬂow patterns, ﬂow gradients or out-
of-plane motion. Additionally, low SNR may introduce estimation bias, as large
translations become underestimated and small translations become overestimated[45].
Lateral modulation
Another approach for 2D velocity estimation was suggested by Anderson[46] (spatial
quadrature) and Munk and Jensen[47] (transverse oscillation). These techniques
introduce a modulation in the lateral direction of the received ultrasound ﬁeld using
complex apodization schemes. In the transverse oscillation technique, a lateral
movement by the scatterer will, similar to phase shift estimation in the axial direction,
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introduce a phase shift between parallel beams separated by a distance of λx/4, where
λx is the wave length in the transverse direction of the pulse echo ﬁeld[48]. Scatterers
moving through the doubly oscillating ﬁeld will produce a signal where two frequency
components are present, related to the vx and vz components through
vz =
c fz
2 f0
vx =fx λx,
(2.15)
where λx depends on the apodization scheme applied on receive. As indicated by
Anderson[46], these lateral modulation techniques are related to the dual beam/split
aperture vector Doppler approach through the use of apodization on receive to create
the quadrature signals. The transverse oscillation method has been validated using
healthy volunteers[13, 49], and is in Europe currently available in a commercial
ultrasound system from BK Medical1.
Doppler bandwidth
A third technique is based on the bandwidth of the Doppler signal, which is dependent
on inhomogeneities of the wave ﬁeld, the spread of velocities and the observation time
of the scatterers as they pass through the sample volume. Estimation of the velocity
magnitude using the Doppler bandwidth technique has been investigated by several
authors[51, 52], but due to limitations such as the requirement of a spherical sample
volume if the beam-to-ﬂow angle is unknown and because non-stationary ﬂow will also
contribute to spectral broadening, it is still in the experimental stage.
Vector Doppler imaging
Vector Doppler imaging was suggested already in the 1970s[53], using two crossed
beams to ﬁnd the velocity in two dimensions. A thorough review of vector Doppler
imaging techniques are given by Dunmire et al.[54], where both single element and
array systems for cross beam analysis are evaluated.
To estimate the velocity direction in vector Doppler, a triangulation approach is
used, requiring the Doppler shift estimate from at least two directions. Estimates from
diﬀerent spatial directions may be realized both using a common transmit aperture
and two separate receive apertures (Fig. 2.7(a)), or by transmitting (and receiving)
tilted ultrasound beams in a (quasi) dual beam approach (Fig. 2.7(b)). The beams of
diﬀerent direction are not transmitted simultaneously in the dual beam approach, but
rather in an interleaved scheme, hence the additional term in the parenthesis.
In the split aperture approach, the vx and vz components are given by
1http://www.bkmed.com/vector_flow_imaging_en.htm
35
2.2. Blood ﬂow imaging
Tx apertureLeft rx aperture Right rx aperture
f
L
f
R
Q
Flow
(a) Split aperture
Left aperture Right aperture
f
L
f
R
Q Q
Flow
(b) Dual beam
Figure 2.7: (a): The split aperture approach with a common transmit aperture
and two separate receive aperture. (b): The (quasi) dual beam approach, where two
separate transmit/receive apertures are used. The arrows point in the direction of the
measured Doppler shifts.
vˆx =
c (fˆl − fˆr)
2 f0 sin θ
vˆz =
c (fˆl + fˆr)
2 f0(1 + cos θ)
,
(2.16)
whereas in the dual beam approach, the velocity components are given by
vˆx =
c (fˆl − fˆr)
4 f0 sin(φ/2)
vˆz =
c (fˆl + fˆr)
4 f0 cos(φ/2)
.
(2.17)
In the split aperture approach, the absolute angle between the transmit and receive
direction is θ, whereas the angle between the two transmit/receive directions in the
dual beam approach is φ (= 2θ in Fig. 2.7). c is the speed of sound, f0 is the pulse
center frequency and fˆl, fˆr are the Doppler frequencies estimated from the left and
right subaperture respectively.
An advantage of the split aperture approach is that the two directional estimates
may be obtained from the same transmit events (i.e. there is no time-lag between
the estimates), while an advantage of the dual beam approach is that for equal receive
angle, the separation of the two directional Doppler estimates is larger than in the split
aperture case, reducing the variance in the lateral velocity estimates[54]. An increased
separation is achieved because the Doppler shift is measured in the direction of the
vector sum of the transmit and receive unit vectors[2].
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Although validated over many years and with real time solutions suggested[55, 56],
there are, to the author’s knowledge, currently no commercially available ultrasound
systems which utilize the vector Doppler technique.
2.3 Atherosclerosis and carotid artery disease
Cardiovascular disease (CVD) is today the world’s leading cause of death, with an
incident rate of both coronary heart disease and stroke expected to increase due to
a globally ageing population and lifestyle changes in developing countries[57]. The
inﬂammatory disease atherosclerosis is the main precursor of complications in CVD,
due to gradually developing plaques which can obstruct blood ﬂow and/or give rise
to hazardous emboli, as illustrated in Figs. 2.8(a) and 2.8(b). The carotid arteries are
major blood vessels extending from the aorta to the brain, with the important task
of supplying the face and brain with blood. The term carotid artery disease is used
when blood ﬂow through the carotid arteries is disturbed or reduced as a result of
developing atherosclerotic plaques.
The healthy arterial wall consists of three layers: the intima (inner layer),
media (middle layer) and the adventitia (outer layer). Additionally, one single
layer of endothelial cells line the intima towards the lumen. All arteries tend to
change composition and grow increasingly more ﬁbrous with age, in a process called
arteriosclerosis. Atherosclerosis, on the other hand, has focal manifestations which
are partly modulated by blood ﬂow patterns (Fig. 2.8(c))[61]. Atherosclerotic plaques
form at sites of low density lipoprotein (LDL) accumulation and low or oscillatory
wall shear stress (WSS)[60, 62], which induce an inﬂammatory response in the artery
wall. Fatty streaks are early lesions which form already in childhood. If these small
lesions are later invaded by macrophage foam cells, necrotic debris may accumulate
underneath a ﬁbrous cap, forming a plaque which may grow and become stenotic,
rupture or erode and form a thrombus, or become calciﬁed[61].
Blood ﬂow patterns have a signiﬁcant role both in the initiation and development
of plaques. Endothelial dysfunction may be induced by disturbed ﬂow patterns
near arterial branches, bifurcations and curvatures[63], which again initiate lesion
formation. Additionally, low endothelial shear stress promotes both the migration of
smooth muscle cells from the media to the intima and their apoptosis, and further it
promotes the transition of stable lesions to thin cap ﬁbroatheromas, a typical precursor
to rupture mediated thrombosis[60].
Atherosclerosis is generally asymptomatic until the stenosis exceeds 70–80%,
however the ﬁrst symptoms may be fatal. Symptoms of the disease emerge either due
to reduced ﬂow after signiﬁcant stenoses, or due to emboli caused by the rupture of
unstable plaques leading to transient or permanent myocardial infarction or stroke[64].
However, due to the remodeling of the arterial wall, up to 40% of the cross sectional
area of the artery may consist of lesions before the lumen becomes more narrow[58].
Because arterial wall remodeling leads to less initial narrowing of the lumen, vulnerable
plaques may be less symptomatic than stable plaques. Still, frictional forces exerted by
the pulsating blood ﬂow might lead to rupture of the thin ﬁbrous cap typically found in
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Figure 2.8: (a): Progression of atherosclerosis. (b): A closer look at the unstable
plaque. (c): Blood ﬂow may modulate growth and (de)stabilization of a plaque. WSS
= Wall shear stress, IMT = Intima-Media thickness. Figures adapted from[58–60].
vulnerable plaques, and the formation of a blood clot (thrombus). The plaque might
stabilize again, but the thrombus might also loosen and cause occlusion in smaller
arteries without preceding clinical symptoms.
Due to the widespread disease and its potential for long term disability and death,
there is an increasing need for accurate and eﬃcient non-invasive imaging techniques
suitable for cardiovascular screening and diagnostics.
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2.3.1 Ultrasound imaging of carotid artery disease
The gold standard for investigating stenoses in the carotid arteries has historically been
X-ray angiography. However, this is a technique which is both invasive (a catheter
needs to be inserted in an artery to administer the contrast agent) and makes use
of ionizing radiation. Since it was found that the procedure could actually increase
the risk of embolization and stroke[65], alternative noninvasive imaging techniques
have been sought. These new techniques include Doppler ultrasound, which is safe
for the patient and relatively easy to perform for a trained practician. Because the
carotid arteries are situated at shallow depths without overlying spaces of air or bony
structures, they are also well suited for ultrasound imaging. Several factors have
made ultrasound imaging a method of choice for examining patients with carotid
artery disease, amongst others the relatively high resolution compared to magnetic
resonance imaging (MRI) and the ability to provide a detailed image of the arterial
wall and plaque instead of the lumen only as provided by computed tomography
(CT). As the examination procedure is also relatively simple, non-invasive vascular
ultrasound imaging is in many cases the only imaging modality performed prior to
carotid endarterectomy (carotid artery surgery)[66, 67].
Intravascular ultrasound imaging (IVUS), where an ultrasound unit is mounted
on the tip of a catheter and inserted into blood vessels, is a technique that allows
ultrasonic tomographic imaging of vessels. It was invented in 1972[68], and has
played an important role in the development of standard care in treatment by balloon
angioplasty2 and stents3[69]. It has been used to measure plaque progression and
regression in clinical trials[70], and using additional post processing, information on
plaque components may be found, for instance about plaque strain[71–74]. Still,
although IVUS is a very promising technique for detecting plaque composition[75],
the ideal screening technique is non-invasive.
B-mode images from non-invasive ultrasound imaging can provide information on
wall morphology which changes during the course of the atherosclerotic disease. It
is for instance possible to measure the thickness of the intima-media layer, which if
increased is a marker of atherosclerosis[76]. The echogenicity of the plaque, or whether
it appears bright (hyperechoic) or translucent (echolucent) in the B-mode image, can
also be used to diﬀerentiate between soft plaques (echolucent) and ﬁbrous plaques
(hyperechoic)[77, 78].
However, the degree of stenosis (lumenal narrowing) is typically not determined
from the geometry seen in B-mode images, but by use of Doppler ultrasound, or
more speciﬁcally, by pulsed wave (PW) Doppler. PW Doppler measures which have
been correlated to angiography include measurement of peak systolic velocity (PSV)
in the internal carotid artery (ICA), end diastolic velocity (EDV), and ratios of
ICA PSV and common carotid artery (CCA) PSV. As a guiding standard, ICA
peak systolic velocity ≥125 cm/s is regarded as clinically signiﬁcant, representing
a stenosis of more than 50%[79]. Measurements of the velocity magnitude from
spectral Doppler are, however, also inﬂuenced by other factors than the actual luminal
2A procedure to open narrowed arteries caused by deposits of plaque
3A stent is a device placed within the artery to keep the vessel open
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narrowing, giving large variability in measurements and thereby the management and
outcome of patients with carotid artery stenosis. Variability originates from the use of
diﬀerent equipment[80], diﬀerent laboratory practices[81], and diﬀerent practitioners
performing the measurements[82]. Additionally, spectral broadening[4], may cause
overestimation of the peak systolic velocity, whereas the presence of collateral ﬂow[83]
or contralateral stenoses[84] might result in under- or overestimation of the severity of
the disease respectively.
One factor which might reduce inaccuracies originating from intra- and interob-
server variability, is automatic angle-correction of the PW Doppler spectra. Today,
the velocity spectra must be manually angle-corrected with the assumption that the
ﬂow is parallel to the vessel wall. As previously mentioned, this might not be the
case in stenotic regions. Additionally, if the beam-to-ﬂow angle is close to 90◦, even
small variations of the correction angle will cause large variations of the measured
peak systolic velocity. More consistent estimates might be obtained using automated
calibration; however, this requires an estimate of the velocity direction at the
measurement site. As described in Section 2.1.3, numerous techniques for estimating
vector velocities have been investigated, with vector Doppler techniques[54] and
speckle tracking[45] as the two main approaches. Utilizing such directional estimates
in conjunction with spectral estimation could reduce the velocity measurement errors
and improve categorization of carotid stenosis severity[85].
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Chapter 3
Spectral Doppler Estimation
utilizing 2D spatial
information and adaptive
signal processing
Ingvild Kinn Ekroll1, Hans Torp1, and Lasse Løvstakken1,2
1 MI Lab and Dept. Circulation and Medical Imaging, NTNU
2 St Olavs Hospital, Trondheim, Norway
The trade-oﬀ between temporal and spectral resolution in conventional PW
Doppler may limit duplex/triplex quality and the depiction of rapid ﬂow
events. It is therefore desirable to reduce the required observation window
(OW) of the Doppler signal while preserving the frequency resolution. This
work investigates how the required observation time can be reduced by
adaptive spectral estimation utilizing 2D spatial information obtained by
parallel receive beamforming. Four adaptive estimation techniques were
investigated, the power spectral Capon (PSC) method, the amplitude and
phase estimation (APES) technique, Multiple Signal Classiﬁcation (MUSIC)
and a projection based version of the Capon technique. By averaging radially
and laterally, the required covariance matrix could successfully be estimated
without temporal averaging. Useful PW-spectra of high resolution and
contrast could be generated from ensembles corresponding to those used
in color ﬂow imaging (CFI) (OW = 10). For a given OW, the frequency
resolution could be increased compared to the Welch approach, however,
limited to cases where the transit time was higher or comparable to the
observation time. In such cases, using short or long pulses with unfocused
or focused transmit, up to 4–6 times increase in temporal resolution could
be obtained in in vivo examples. It was further shown that by using
adaptive signal processing, velocity spectra may be generated without high
pass ﬁltering the Doppler signal. With the proposed approach, spectra
retrospectively calculated from CFI may become feasible for unfocused as well
as focused imaging. This application may provide new clinical information by
inspection of velocity spectra simultaneously from several spatial locations.
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3.1 Introduction
Estimation and display of blood ﬂow velocities are essential components of cardiovas-
cular ultrasound diagnostics. Pulsed Wave (PW) Doppler spectra provide information
about blood velocities present in a certain spatial region, and are often combined
with B-mode imaging and Color Flow Imaging (CFI) which visualize the surrounding
anatomy and the average ﬂow ﬁeld respectively. In both CFI and PW Doppler
several ultrasound pulses are transmitted in one direction at a certain pulse repetition
frequency (PRF) for each velocity estimate. However, as only the mean velocity is
estimated in CFI, the required number of transmissions per line in the image is low
compared to what is required when estimating the full velocity spectrum. Doppler
spectra are commonly estimated using the Fourier based Welch method, which has a
spectral resolution inversely proportional to the number of temporal samples in a given
observation window. Unless spectral resolution is compromised, this trade-oﬀ between
temporal and spectral resolution in conventional PW Doppler may limit the depiction
of rapid ﬂow events, as high spectral resolution requires a long OW. When combined
with other modalities, also the B-mode and CFI image quality may be compromised.
To make better use of the temporal information in the Doppler signal, we would like
to reduce the number of signal samples required for the velocity estimation, thus
increasing the temporal resolution in the spectrum and/or maximize the frequency
resolution for a given observation window. Further, we want to investigate the use of
adaptive spectral estimators in a packet based acquisition context such as conventional
color ﬂow imaging, where a very limited number of continuous slow-time samples are
available. A potential application would be to (retrospectively) calculate Doppler
spectra from arbitrary locations in a color ﬂow image. If successful, the approach
could ease workﬂow and introduce new clinical information by processing data from
several spatial locations simultaneously.
Attempts to improve spectrum and mean frequency estimation of short Doppler
signals are many. Vaitkus and Cobbold[1, 2] considered spectral estimation methods
where an assumed model was ﬁtted to the Doppler signal. Talhami and Kitney[3]
used a Kalman ﬁlter and maximum likelihood estimation to reduce the required OW,
and stressed that a time window of less than 2ms is required to resolve detailed ﬂow
structures. Herment and Giovannelli[4] proposed an spectral estimation technique
to meet this criterion based on autoregressive (AR) modeling. Eigendecomposition-
based methods such as Multiple signal classiﬁcation (MUSIC) and related techniques
have also been investigated in the past[5, 6] showing their superiority in resolution
compared to the conventional Welch approach. Still, parametric methods have the
disadvantage of being more computationally demanding and needing some a priori
knowledge about the number of velocity components present in the region of interest.
As the temporal sampling by pulse repetition in PW Doppler ultrasound is equivalent
to the spatial sampling by array elements in direction of arrival (DOA) estimation[7],
blood velocity estimation in ultrasound and DOA estimation in radar and sonar
are analogous problems. This similarity allows the mentioned parametric methods,
but also nonparametric high-resolution DOA methods to be applied to PW Doppler
ultrasound with relative ease. Such methods include the Capon minimum variance
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(MV) estimator[8, 9] and the more recent APES approach[10]. Whereas the Welch
method is data independent, these two are data dependent, or data adaptive signal
processing techniques. The adaptive property is the origin of the improved frequency
resolution and lower leakage in the resulting spectra[11].
It was recently reported that the OW in PW Doppler could be reduced using two
versions of these estimators; the Blood spectral Power Capon method (BPC) and
the Blood spectral Amplitude and Phase EStimation (BAPES) technique[12]. It was
also shown in a clinical feasibility study that the methods could work robustly for
vascular imaging[13]. Continuing the investigation into these estimators, this work
investigates how the observation time may be reduced further in a way that enables
retrospective PW Doppler from packet based color ﬂow imaging. Two parametric
spectral estimation techniques are also considered, namely the noise subspace-based
MUSIC technique and a signal subspace, projection based version of the Capon
method. All the investigated spectral estimation techniques are based on the Doppler
signal covariance matrix, estimated by utilizing spatial information obtained by
parallel receive beamforming[14, 15], a technique that provides a substantial gain in
acquisition rate for 2D imaging. Reducing or removing the need for temporal averaging
allows packet acquisition schemes with extremely short ensembles to be utilized for
spectral estimation.
The paper is organized as follows: In Section II the spectral estimation methods
are presented. Section III presents results from in vivo recordings. In Section IV a
discussion of the results is given, focusing on the inﬂuence of parameters such as the
transmit beam, pulse length and averaging area. Concluding remarks are given in
Section V.
3.2 Methods
The use of three diﬀerent nonparametric spectral estimators were investigated; the
averaged periodogram (with a Hamming window), the power spectral Capon estimator
(PSC) and the power spectral estimate using the more recent amplitude and phase
estimation (APES) approach. Two parametric approaches were also included in the
comparison, the noise subspace based MUSIC, and a signal subspace projection based
version of the Capon estimator.
3.2.1 The averaged periodogram
Let the slow time signal from a voxel be represented by a one-dimensional time series
x(n) = [x(0) x(1) · · · x(N − 1)]T . The discrete Fourier transform has the form
αˆDFT (ω) =
N−1∑
n=0
x(n)e−iωn = aH(ω)x,
where the Fourier vector a(ω) is given by a(ω) = [1 eiω · · · ei(N−1)ω]T and H
indicates the conjugate transpose. In the periodogram approach, a(ω) is the impulse
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response vector of the applied bandpassﬁlter, which is not purposely designed to give
any desired characteristics. However, by applying a predeﬁned window function to the
data, the frequency response can be tailored to some extent. Using the weights w(n)
to represent the window function and averaging both in the radial (r) and lateral (b)
direction, the power spectral density at frequency ω is
PˆWIN (ω) =
1
RB
R−1∑
r=0
B−1∑
b=0
∣∣∣∣∣
N−1∑
n=0
w(n)xr,b(n)e
−iωn
∣∣∣∣∣
2
. (3.1)
Using a rectangular window this is equivalent to
PˆBOX(ω) = a
H(ω)Rˆxa(ω), (3.2)
where Rˆx is the sample covariance matrix
Rˆx =
1
RB
R−1∑
r=0
B−1∑
b=0
xr,bx
H
r,b. (3.3)
Temporal averaging can be included by subdividing the signal in temporal segments
before averaging both in time and space. Then, a convenient arrangement of the signal
is in the form of a Hankel matrix for each (r,b) pair. Given N consecutive samples of
x(n), the M x L Hankel matrix for the (r,b) pair of interest is given by
Yr,b = [yr,b(0) yr,b(1) · · · yr,b(L− 1)], (3.4)
where L = N −M + 1, and
yr,b(i) = [xr,b(i) xr,b(i+ 1) · · · xr,b(i+M − 1)]T .
The columns of Yr,b, yr,b(i), are often referred to as snapshots. An estimate of
the covariance matrix Rx is thus found by averaging estimates from several sample
volumes and several snapshots. Inserting this estimate into (3.2) gives a PSD estimate
where spectral resolution has been traded for improved statistical robustness.
3.2.2 The Capon power spectral estimate
The Capon spectral estimator can be viewed as a matched-ﬁlterbank spectral
estimator[16] where the spectrum is estimated by passing the signal through a
narrowband ﬁlter with varying center frequency. The estimator can be derived by
considering the design of an FIR ﬁlter with coeﬃcients h(k), 0 ≤ k ≤ M to be
determined. If the observed data x(n) is passed through the ﬁlter, the variance (and
power) of the zero mean output sequence is
σ2y = E[h
Hx∗(n)xT (n)h] = hHRxh. (3.5)
By minimizing (3.5) under the constraint that at frequency ω the frequency response
of the ﬁlter is normalized to unity, hH(ω)a(ω) = 1, an optimized ﬁlter coeﬃcient
vector is found, [17]
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h(ω) =
R−1x a(ω)
aH(ω)R−1x a(ω)
. (3.6)
The expression can be substituted into (3.5), giving the power spectral capon (PSC)
estimate at the frequency ω
PˆPSC(ω) =
1
aH(ω)Rˆ
−1
x a(ω)
, (3.7)
where Rˆx is given by (3.3).
3.2.3 The APES power spectral estimate
Whereas in the PSC method the ﬁlter coeﬃcients were chosen to minimize the energy
of the ﬁltered signal, the design of the APES method can be interpreted as ﬁltering the
slow time signal in a way such that the ﬁltered signal resembles a sinusoid as closely
as possible in a least squares sense. It has been shown[16] that APES outperforms the
Capon estimator at true spectral peak locations. By solving the optimization problem
min
h(ω)
(
hH(ω)Q(ω)h(ω)
)
, (3.8)
under the same constraint as for the Capon method, noise and interference from other
frequencies are minimized for each frequency of interest [12]. Q has been referred to as
the noise and interference covariance matrix [16] and is the signal covariance matrix
where the contribution from the frequency of interest is subtracted. An estimate of Q
is given by
Qˆ = Rˆx −
R−1∑
r=0
B−1∑
b=0
gr,b(ω)g
H
r,b(ω),
where
g(ω) ≡ 1
L
L−1∑
l=0
y(l)e−iωl =
1
L
Ya∗L(ω)
for the slow time signal from one (r,b) sample volume. Y is deﬁned in (3.4) with
M = N/2.
The optimal solution for the ﬁlter coeﬃcients is
hˆ(ω) =
Qˆ
−1
(ω)aM (ω)
aHM (ω)Qˆ
−1
(ω)aM (ω)
,
which can be used to form the ﬁnal PSD estimate
PˆAPES(ω) =
1
RB
R−1∑
r=0
B−1∑
b=0
|hH(ω)gr,b(ω)|2 (3.9)
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3.2.4 MUSIC and projection based Capon
An N ×N covariance matrix can be decomposed into two parts residing in the noise
and signal subspace using its eigenvectors[17], assuming that we are dealing with p
complex exponentials in white noise. This eigendecompostion forms the basis for signal
and noise subspace estimation techniques. Using the eigenvectors of the covariance
matrix, vi, i = 1, 2, ..., N and the corresponding eigenvalues λi we get
Rx =
N∑
i=1
λiviv
H
i =
p∑
i=1
λiviv
H
i +
N∑
i=p+1
λiviv
H
i , (3.10)
where it is assumed at the eigenvalues have been arranged in decreasing order, λ1 ≥
λ2 ≥ ... ≥ λN . A spectral estimate based on the noise subspace eigenvectors
P (ω) =
N∑
i=p+1
|a(ω)vi|2, (3.11)
will be zero at ω = ωi, i = 1, 2, ..., p, where the signal vector is normal to the noise
subspace. Thus, the estimator
PMUSIC(ω) =
1∑N
i=p+1 |a(ω)vi|2
(3.12)
will have peaks at these spectral locations. However, the resulting pseudospectrum
does not reﬂect a true power estimate. Spectrograms based on the MUSIC estimators
are therefore not based on estimates of the power spectral density, but rather serve as
indicators of sinusoidal presence at certain frequencies.
In the projection based Capon technique, it is the signal subspace eigenvectors
of the covariance matrix that are utilized to increase the performance of the Capon
technique. Here, the optimized ﬁlter vector (3.6) is projected into the signal subspace
utilizing the largest eigenvectors of the covariance matrix before the signal power is
estimated using (3.5)[18]. The signal space projection of the optimized ﬁlter vector
can be expressed as
hp(ω) =
VpV
H
p R
−1
x a(ω)
aH(ω)R−1x a(ω)
, (3.13)
whereVp is aN×pmatrix containing the p largest eigenvectors of theN×N covariance
matrix. Selection of the number of signal components is here based on a cross-spectral
metric, as described in[19]. The cross-spectral metric for the ith eigenvalue indicates
the amount of energy projected along the ith eigenvector of the covariance matrix.
An inclusion criteria is formed by comparing the sum of the cross spectral metrics
formed by the j largest eigenvalues to a factor times the total energy. The estimation
procedure must be repeated for every line in the spectrogram, as the blood signal
characteristics varies throughout the cardiac cycle.
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Figure 3.1: Periodograms from an OW of 20 without clutter rejection. The spectral
resolution is highest when using the MUSIC, PSC or projected based Capon technique.
MUSIC provides poorer contrast as compared to all the other techniques, while the
projection based Capon technique displays high contrast in most frames. Comparison
to ham-FFT with OW=60 in Fig. 3.2. Dynamic range 60 dB.
3.2.5 Estimation of the sample covariance matrix
All the adaptive spectral Doppler estimators require an estimate of the slow time
sample covariance matrix. The estimate is normally formed by subdividing the
Doppler signal in smaller temporal segments and averaging the covariance matrix
estimates in time. For a given ensemble length, the spectral resolution will decrease as
the length of the temporal segments decreases. If the data acquisition is continuous the
segment lengths could still be adequately large, however in a packet acquisition scheme
where the number of available slow time samples is limited, temporal averaging is not
desirable. Thus, in this work, the covariance matrix is estimated using the Doppler
signal only from a certain 2D region of interest. A small averaging area is desired as
the ﬂow pattern may be highly invariant in space. It must, however, be suﬃciently
large to provide a robust spectral estimate. The robustness of the spectral estimate
can, however, be increased by diagonal loading of the covariance matrix before (3.6)
is evaluated. This is a common approach in beamforming applications, where the
technique is used to constrain the suppression level outside of the focal point, allowing
reﬂections appearing slightly out of focus to pass through the beamformer[20]. In
diagonal loading a small term is added to the diagonal of the covariance matrix prior
to inversion, resulting in the modiﬁed covariance matrix Rˆ
δ
x = Rˆx + δI, where I is
the identity matrix. As the loading parameter δ increases, the PSC estimator will
approach the unweighted periodogram estimate, easily conﬁrmed by allowing Rˆ
δ
x to
approach δI in (3.6) before evaluating the expression in (3.5).
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Table 3.1: Acquisition setup
Parameter Carotid Cardiac 1 Cardiac 2
Probe 11L M5S M5S
f0 [MHz] 6 2.5 2.5
nrCycles (nCyc) 2.5 2.5 12
SV, (nCyc*c/2*f0) [mm] 0.3 1 3.7
fs [MHz](baseband) 3.2 2.1 0.8
PRF [kHz] 5 5 5
F# receive 1.4 4 4
3.2.6 Data acquisition
In-phase and quadrature (IQ) data was acquired in vivo using a GE Vingmed Vivid E9
ultrasound system (GE Vingmed Ultrasound, Horten, Norway), and further processed
oﬀ-line. A parallel receive beam setup was used to acquire PW Doppler data including
both radial and lateral samples. In this work we used 16 parallel receive beams
(PRB) for each transmit event, spreading the receive beams around the transmit
axis according to about half the Rayleigh criterion (densely sampled). To generate
a suﬃciently broad transmit beam to cover a large number of PRBs, unfocused
or defocused beams may be required, compromising sensitivity. In this work both
focused and unfocused pulses were used to investigate sensitivity issues and the
inﬂuence of transmit-receive beam misalignments caused by use of parallel receive
beamforming. Two diﬀerent pulse lengths (sample volumes) were compared, one
longer (12 cycles@ 2.5MHz) similar to conventional PW Doppler, and one shorter
(2.5 cycles@ 2.5MHz), more similar to what might be used in a wide-band CFI setup.
Further speciﬁcations can be found in Table 3.1. To minimize artifacts due to PRB
acquisition, only the minimal number of lateral samples required was used in the
estimators. The number depends on the pulse length and estimator used, but turned
out to be no more than about 8 for the setups and estimators investigated.
3.3 Results
3.3.1 Feasibility
Fig. 3.1 shows PW Doppler spectra of aortic ﬂow from a healthy volunteer generated
by the all estimators (OW = 20). Focused transmit beams and a small sample
volume (2.5 cycles@ 2.5MHz) was used. A spatial ROI of 4×3mm was selected for
estimation of the covariance matrix. As expected, the spectra generated by the Ham-
FFT method suﬀer from the inﬂuence of clutter sidelobes in addition to a broad region
around zero velocity being concealed due to signal from near stationary tissue. The
adaptive methods, on the other hand, do not suﬀer from clutter sidelobes, and have
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Figure 3.2: Comparison of line spectra using OW = 60 for the ham-FFT technique
and reduced to 20 and 10 for the PSC and projection based Capon technique. (Frame
indicated in Fig. 3.1 and 3.4.)
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Figure 3.3: Spectrograms generated by the PSC estimator using 20 temporal samples
in each frame. Unfocused transmit results in a wider spectrum, while a large sample
volume results in a slightly narrower spectrum than that from a small sample volume.
Dynamic range 40 dB.
also a more well deﬁned velocity range for the clutter signal. Single frame spectra,
as seen in the lower right panel of Fig. 3.1 and in the left panel of Fig. 3.2, further
illustrates the improved resolution of the adaptive methods, an improvement which
increased with shorter ensemble length. The separation of the near stationary and
stationary clutter signal was used to compare the resolution, as this narrow-band
signal component will give an upper bound for the improvement when using the
adaptive estimation techniques. Fig. 3.2 shows that the resolution obtained by using
60 samples in the Welch method was comparable to that obtained by using 10 samples
with the projection based Capon technique. 10 samples of the Doppler signal in an
application with PRF = 5kHz corresponds to a temporal resolution of 2ms. As
conventional spectra in cardiac imaging are based on at least 40–60 temporal samples,
the temporal resolution in PW Doppler can be increased up to 4–6 times. As seen in
Fig. 3.3, it was observed that focused transmit gave higher spectral quality (narrower
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Figure 3.4: Periodograms from an OW of 10 without clutter rejection. The spectral
resolution is best when using the MUSIC, PSC or projected based Capon technique
which are all able to separate the stationary and slowly moving clutter components.
Comparison to ham-FFT of OW=60 can be seen in Fig.3.2 Dynamic range 60 dB.
spectra and increased SNR) than unfocused transmit. A large sample volume was
expected to provide the spectra of highest resolution, but in our recordings there
was no clear degradation in the spectra when the smallest sample volume was used.
The use of MUSIC gave a similar velocity resolution as Capon and APES, but may
not be as suitable for spectrogram display due to its pseudospectral ”nature” giving
poorer contrast. The projection based Capon technique was on the other hand very
well suited for the purpose, and also gave a substantial increase in contrast compared
to the other techniques, while preserving the high resolution of the Capon spectra.
Note that no clutter ﬁlters were applied before spectral estimation, and the number
of estimated signal components in this frame was 6 for the parametric techniques.
The adaptive estimators were able to provide useful periodograms also for
extremely short ensembles. A comparison of spectra generated by all estimation
techniques (OW = 10) is given in the right panel of Fig. 3.2 and the lower right panel
of Fig. 3.4. While APES is not able to separate the stationary and near stationary
clutter signal, PSC, MUSIC and the projection based Capon method are all able to do
so. The overall best impression is provided by the projection based Capon technique,
based on both spectral resolution and contrast. In this case, four eigenvectors were
estimated to span the signal subspace.
The improvement in spectral quality obtained by using the adaptive methods
decreased with increasing blood velocity, as seen in Fig. 3.5, where two single frame
spectra are shown. Both are nonparametric spectral estimates from the same recording
(small SV, focused transmit), but at diﬀerent points in time, where the blood velocity
was centered around the Nyquist velocity (vnyq) and 0.2 ∗ vnyq respectively. At vnyq
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Figure 3.5: The left ﬁgure show two single frames from high (solid lines) and low
(dashed lines) velocity ranges in the spectrograms of Fig. 3.4, where OW = 10. The
improvement by using the adaptive methods is clearly best in the low velocity range,
but present also at high velocities. The right ﬁgure shows a comparison of spectral
width (FWHM) as a function of ensemble size using the PSC and Welch method on
data from simulations of a complex stationary Gaussian process with two diﬀerent
correlation lengths, corresponding to high and low blood velocities.
the ratio of the -6 dB spectral width of the adaptive methods to that of the Ham-
FFT method was approximately 0.7. At 0.2 ∗ vnyq, the ratio was approximately 0.4.
The eﬀect was further demonstrated in simulations, assuming a gaussian correlation
function in the radial and lateral direction[21], also depicted in Fig. 3.5. This ﬁgure
shows in blue two correlation functions corresponding to a high (1.5 ∗ vnyq) and low
(0.5∗vnyq) velocity, as a function of ensemble size (for a given PRF). The velocity was
then estimated using both the Welch and the PSC method. The relative FWHM of
the two velocity estimates (average of 50 simulations) is plotted in green for the two
situations. Similar to the in vivo observation, the gain from adaptive (PSC) processing
was larger in the low velocity case. As the correlation approaches zero, the ratio of
the spectral widths approaches 1.
3.3.2 Retrospective PW Doppler
As seen in Fig. 3.6, a CFI setup with unfocused transmit, 16 PRB and an ensemble
size comparable to that of conventional color ﬂow imaging could be used to generate
PW Doppler spectra retrospectively from any region in the imaged area. In the given
example, only 10 temporal samples were used to construct each line in the spectrogram.
The spatial ROI was approximately 1 × 2mm. As the ensemble size in conventional
CFI range from 8–16, only a marginal compromise of the acquisition rate in CFI may
be needed to retrospectively generate useful velocity spectra in arbitrary points in the
image.
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CFI recording of the carotid bifurcation of a healthy volunteer. No clutter ﬁlter was
applied before calculation of the power spectra. Dynamic range 60 dB.
3.3.3 Averaging area
By introducing diagonal loading, situations where the PSC estimate would normally
break down could be avoided, although at the cost of some decrease in spectral
resolution (compared to a similar PSC spectrum estimated from a suﬃciently large
area). In Fig. 3.7, the rank 20 covariance matrix was estimated from a small area
corresponding to only 5 equivalent independent samples[22], as estimated by using
a simpliﬁed gaussian model of the correlation functions of the Doppler signal in the
lateral and radial direction[21]. The PSC method without diagonal loading is unable
to produce a velocity spectrum, whereas the PSC estimate with diagonal loading has
a better spectral resolution than the corresponding periodogram estimate, especially
for low velocities. The clutter sidelobes are also less apparent.
As seen in Fig. 3.8, some broadening of the spectrum might be induced if the
transmit beam is focused and parallel receive beamforming is used. The ﬁgure shows
the resulting (single frame) power spectra from two edge beams (1,16) and a middle
beam (8) from a recording using focused transmit and 16 PRBs (2.5 cycles@ 2.5MHz).
As the spectrum from the left beam is biased slightly downwards in frequency, whereas
the right beam is biased slightly upwards, there would be an increased spectral
broadening if all beams were used in velocity spectrum estimation. The eﬀect was,
however, negligible if only a limited number of neighboring PRBs close to the transmit
axis were used. As ensembles as short as 10 samples could be used to produce high
resolution and high contrast spectra, the averaging region needed in estimation of the
covariance matrix was small enough to avoid any spectral broadening from misaligned
receive beams.
3.4 Discussion
In this work we have investigated how the required observation window in adaptive
spectral Doppler estimation can be substantially reduced by utilizing 2D spatial
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Figure 3.7: By applying diagonal loading to the estimate of the covariance matrix,
the PSC method becomes more robust. Choosing δ carefully, the technique will provide
a spectral estimate superior to the averaged periodogram from an averaging area that
does not support the PSC method with no diagonal loading. Dynamic range 40 dB.
information obtained from parallel receive beamforming. Spectral estimators
compared to the periodogram approach include the Capon method and the APES
technique, due to previous works showing their robustness in general[11] and in
the setting of spectral Doppler ultrasound[5, 12, 13]. Additionally, two parametric
approaches were included, both based on eigendecomposition of the signal covariance
matrix. These are parametric in the sense that the number of signal components
needs to be estimated before spectral locations are found, adding some computational
complexity to the spectral estimation. Whereas MUSIC has been considered for use
in spectral Doppler estimation previously, the projection based Capon technique has
not. The fundamental properties of the estimators have been thoroughly analyzed
earlier[16, 23, 24], therefore this work has focus on in vivo examples. Other spectral
estimation techniques, such as AR related approaches, have been investigated for use
in spectral Doppler estimation in the past [1, 6, 7, 25–27], but were not included in
the present study.
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using focused transmit and parallel receive beamforming. The estimate from the left
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Gran et al.[12] and Hansen et al.[13] have previously investigated the use of the
PSC and APES estimators in PW Doppler ultrasound. Short OWs were used with
good results, but temporal averaging was utilized (M + L− 1 ≥ 32) both in the case
of the Capon and APES estimator. The resulting ensembles were larger than what is
provided by conventional color ﬂow imaging. In this work, similar results as[12, 13]
are shown, while using a total ensemble length shorter than 20 samples. At such small
ensembles, the PSC method displayed a higher resolution than the APES method with
equal averaging area. This follows from the estimator formulation; the APES estimator
utilizes some temporal averaging corresponding to M = N/2 in the estimation of
the noise and covariance matrix, while the full data window, M = N was utilized
for spectral estimation in the Capon formulation. The possibility of formulating the
Capon spectral estimate with no temporal averaging provides an advantage in packet
acquisition schemes such as CFI, where typically only 8–16 samples are available for
processing. On the other hand it makes the estimator less robust than the APES
formulation in respect to averaging area. It has also been shown that the Capon power
estimate tends to be biased down[10, 16] as compared to the APES power estimate.
The latter limitation may be more important in beamforming applications (such
as[28]) than in blood velocity estimation though, where the importance is not Doppler
frequency power, but frequency content (peak velocity/mean velocity), resolution and
contrast. The computational burden of the APES estimator is also substantially
larger than for the Capon estimator. Consequently, in a packet acquisition setting, we
ﬁnd the PSC estimator to be the preferred choice of the two nonparametric adaptive
estimation techniques.
The parametric approaches, the signal subspace projection based Capon and the
noise subspace based MUSIC, were able to provide spectrograms of a resolution only
matched by the PSC technique. The contrast found in the spectral estimates of the
projection based Capon technique was unmatched by any other estimator. The main
disadvantage of the parametric approaches is that the dimension of the signal and noise
subspace must be estimated for every new time instant in the periodogram, as the
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blood signal is varying throughout the cardiac cycle, leading to higher computational
load. The noise subspace based methods, here represented by MUSIC, has the
additional disadvantage that only the pseudospectrum is estimated. Although the true
power can be calculated after the p frequency locations are found, the spectrogram is
formed using the pseudospectrum, which in our case provided poor contrast.
In this work the dimensions of the signal subspace were estimated using a cross
spectral metric[19], however, other techniques might be more eﬃcient or more robust.
If the estimation of signal components is incorrect, the spectra can be obscured by
spurious peaks (too many components) or contain only the clutter signal (too few
components), a challenge which here manifests itself most clearly in the time of highest
ﬂow acceleration (highest bandwidth). This represents the more severe drawback by
using the projection based Capon technique over the PSC approach, and one should
beware that while noise is eﬀectively blocked, the same could be the case for the
signal if the eigenvector inclusion criterion is too strict. The investigation of an
optimal component estimation is beyond the scope of this work, but might be worth
looking into as the projection based Capon technique indeed showed very promising
results. If the PW Doppler estimation is retrospective, one could have a variable,
user set threshold value both for the eigenvector inclusion criterion and for diagonal
loading, providing a robust and ﬂexible spectral Doppler estimation technique for short
ensembles.
3.4.1 Impact of some physical parameters
The quality of the spectrograms will depend on the properties of the signal to be
processed. Some of the more important physical parameters and their inﬂuence on
the ﬁnal spectrogram are discussed here.
Tissue clutter signal
Tissue clutter signal is present in the Doppler signal due to beam sidelobes and
reverberations from tissue structures. In conventional CFI and PW Doppler, the
tissue clutter signal is removed by high-pass ﬁltering the received Doppler signal.
This is normally an important step before velocity estimation; in CFI to avoid a
velocity bias, and in spectrum estimation to avoid clutter sidelobes obscuring the
velocity spectrum. Frequency distortions can be introduced in the spectrum if clutter
rejection is performed by anything else than a time-invariant ﬁlter, such as a FIR-
ﬁlter[29], which will reduce the available number of samples to N − K, where K is
the FIR ﬁlter order. The need to acquire a higher number of samples than what is
utilized in the velocity estimation constrains the acquisition rate in an application
such as retrospective PW Doppler. However, it was found that due to the superior
resolution and interference rejection of the adaptive methods, the clutter signal did
not obscure the velocity spectrum to any extent. This is a major advantage compared
to the conventional periodogram approach. Thus, in a combined CFI and PW Doppler
acquisition, spectrograms can be formed using all of the acquired slow time samples,
whereas a clutter ﬁlter could be used to avoid velocity bias in the corresponding color
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ﬂow image, where fewer temporal samples are needed.
Averaging area
As the PSC estimate was formulated without any temporal averaging, it was less robust
than the APES estimate in terms of averaging area size. Diagonal loading proved to
be useful in increasing the robustness of the PSC estimate in cases where the averaging
area was too small to support the temporal ensemble. This came, however, at the cost
of decreased spectral resolution (gradually approaching that of the Welch method)
when compared to a PSC estimate generated from a suﬃciently large averaging area.
For a suitable value of diagonal loading, here 1% of the estimated signal power, robust
spectra with little interference from clutter sidelobes could be obtained.
Transmit beam
The Doppler shift is estimated along the vector sum of the transmit and receive beam
directions. As described in[30], the curved wavefronts of a focused transmit beam will
cause a changing angle with the blood ﬂow depending on the position of the receive
beam relative to the transmit axis. We therefore expected to observe a broadening
of the Doppler spectrum as the velocity bias is positive on one side of the transmit
beam axis and negative on the other, demonstrated in Fig. 3.8 from in vivo recordings
of aortic ﬂow. However, the improved SNR obtained by applying focused transmit
beams is desired, especially in cardiac imaging, where the imaging depths are large
and where transducer geometry and setup limits the ability to generate plane waves
at relevant imaging depths. We found that when using a limited number of parallel
receive beams (5 − 7) resolution and contrast was improved as compared to spectra
generated from recordings with unfocused transmit beams.
Transit time
There is a fundamental limitation in spectral resolution at short transit times, observed
as an increase in spectral width at high velocities (Fig. 3.5). The signal correlation
length from a certain sample volume will decrease as the blood velocity increases,
limiting the number of slow time samples that contribute constructively to the velocity
estimation. The shorter eﬀective observation window at high velocities as compared to
the lower velocities also inﬂuence the performance of the adaptive methods, resulting
in broader spectra. As demonstrated both in vivo and by simulations (Fig. 3.5) the
gain in spectral resolution and adaptive processing will decrease with decreasing transit
time - the spectral resolution of the adaptive methods approaching that of the Welch
method at high velocities.
3.4.2 Retrospective PW Doppler
Ensembles only marginally longer (OW = 10) than those found in conventional
color ﬂow imaging could be used to generate velocity spectra of high resolution and
contrast. By utilizing the high acquisition rate oﬀered by parallel receive beamforming,
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simultaneous velocity spectra may then become available for comparison at arbitrary
points in the region. Such a retrospective PW Doppler application would allow more
careful inspection of the ﬂow pattern in the image, ease examinations, and provide
more accurate quantitative measurements. An interesting candidate application is
coronary imaging, where color ﬂow imaging is used to locate the blood vessels of
interest and PW Doppler is used for quantitative measurements. The coronary
arteries tend, however, to disappear from the imaging area following only small
movements, which makes it hard to do the required PW Doppler measurements. An
application where only the location of the vessels by CFI is needed and quantitative
measurements can be extracted retrospectively could therefore be of interest. Due
to the imaging depth, cardiac ﬂow imaging might in general provide the situations
where short ensemble processing remains most important. Though use of unfocused
transmit beams is a very promising technique for providing both CFI and PW-Doppler
simultaneously[31] - it is limited to situations where plane wave imaging gives adequate
sensitivity, which is not necessarily the case for cardiac imaging depths.
3.5 Conclusion
Spatial information obtained by parallel receive beamforming was used to reduce or
remove the requirement for temporal averaging in four adaptive estimation techniques;
the power spectral Capon (PSC) method and the amplitude and phase estimation
(APES) technique, the MUSIC technique and the projection based Capon method.
The approach was tested in both vascular and cardiac imaging situations, using both
focused and unfocused transmit beams. For a given observation window, the frequency
resolution could be increased compared to the periodogram approach, however, limited
to cases where the transit time was higher or comparable to the observation time. For
narrow-band spectra, it was found that an observation window of 10 slow time samples
could provide comparable spectral resolution as a window of 60 samples using the
conventional approach. For these very short ensembles, the PSC and the projection
based Capon technique gave the spectra of highest resolution. The latter method
also provides a substantial gain in contrast, but has the drawback of depending
on robust estimation of the signal subspace dimension. The investigated adaptive
techniques enabled spectral estimation without high pass ﬁltering of the Doppler
signal, keeping the full ensemble available for velocity estimation. The advantages
of using adaptive signal processing techniques in conjunction with spatial averaging
may enable retrospective PW Doppler to be a feasible application for CFI in general.
Acknowledgment
The authors would like to thank Thomas Skaug (MD) for providing us with excellent in
vivo ultrasound recordings and Saeed Mehdizadeh for fruitful discussions on adaptive
signal processing techniques.
65
3.5. Conclusion
66
References
[1] P. Vaitkus and R. Cobbold, “A comparative study and assessment of Doppler
ultrasound spectral estimation techniques. Part I: Estimation methods.,”
Ultrasound in medicine & biology, vol. 14, no. 8, pp. 661–672, 1988.
[2] P. Vaitkus, R. Cobbold, and K. Johnston, “A comparative study and assessment
of Doppler ultrasound spectral estimation techniques. Part II: Methods and
results.,” Ultrasound in medicine & biology, vol. 14, no. 8, pp. 673–688, 1988.
[3] H. Talhami and R. Kitney, “Maximum likelihood frequency tracking of the audio
pulsed doppler ultrasound signal using a Kalman ﬁlter,” Ultrasound in Med. Biol.,
vol. 14, no. 7, pp. 599–609, 1988.
[4] A. Herment and J. Giovanelli, “An adaptive approach to computing the spectrum
and mean frequency of doppler signals,” Ultrasonic Imaging, vol. 17, pp. 1–26,
1995.
[5] M. Allam and J. Greenleaf, “Isomorphism Between Pulsed-Wave Doppler
Ultrasound and Direction-of-Arrival Estimation-Part II: Experimental Results,”
IEEE Transactions on Ultrasonics, Ferroelectrics and Frequency Control, vol. 43,
pp. 923–935, 1996.
[6] E. D. U¨beyli and I. Gu¨ler, “Comparison of eigenvector methods with classical
and model-based methods in analysis of internal carotid arterial doppler signals,”
Computers in Biology and Medicine, vol. 33, no. 6, pp. 473 – 493, 2003.
[7] M. Allam and J. Greenleaf, “Isomorphism Between Pulsed-Wave Doppler
Ultrasound and Direction-of-Arrival Estimation-Part I: Basic Principles,” IEEE
Transactions on Ultrasonics, Ferroelectrics and Frequency Control, vol. 43,
pp. 911–922, 1996.
[8] J. Capon, “High resolution frequency-wavenumber spectrum analysis,” Proc.
IEEE, vol. 57, no. 8, pp. 1408–1418, 1969.
[9] R. Lacoss, “Data adaptive spectral analysis methods,” Geophysics, vol. 36, p. 661,
1971.
67
References
[10] J. Li and P. Stoica, “An adaptive ﬁltering approach to spectral estimation and
SAR imaging,” IEEE Transactions on Signal Processing, vol. 44, no. 6, pp. 1469–
1484, 1996.
[11] P. Stoica and R. Moses, Spectral Analysis of Signals. Upper Saddle River, NJ:
Prentice Hall, 2005.
[12] F. Gran, A. Jakobsson, and J. Jensen, “Adaptive spectral doppler estimation.,”
IEEE transactions on ultrasonics, ferroelectrics, and frequency control, vol. 56,
no. 4, p. 700, 2009.
[13] K. Hansen, F. Gran, M. Pedersen, I. Holfort, J. Jensen, and M. Nielsen, “In-vivo
validation of fast spectral velocity estimation techniques,” Ultrasonics, 2009.
[14] D. Shattuck, W. M.D., S. Smith, and O. von Ramm, “Explososcan: A parallel
processing technique for high speed ultrasound imaging with linear phased
arrays,” J. Acoust. Soc. Amer., vol. 75, no. 4, pp. 1273–1282, 1984.
[15] O. von Ramm, S. Smith, and H. Pavy, “High-speed ultrasound volumetric imaging
system - part II: Parallel processing and image display,” IEEE Trans Ultrason
Ferroelectr Freq Control, vol. 38, pp. 109–115, 1991.
[16] P. Stoica, A. Jakobsson, and J. Li, “Matched-ﬁlter bank interpretation of some
spectral estimators,” Signal Processing, vol. 66, no. 1, pp. 45–59, 1998.
[17] J. G. Proakis and D. G. Manolakis, Digital signal processing. Principles,
Algorithms and Applications. Prentice Hall, fourth ed., 2007.
[18] D. Feldman and L. Griﬃths, “A projection approach for robust adaptive
beamforming,” IEEE Transactions on Signal Processing, vol. 42, no. 4, pp. 867–
876, 1994.
[19] J. Goldstein and S. Reed, “Reduced-Rank Adaptive Filtering,” IEEE
Transactions on Signal Processing, vol. 45, no. 2, pp. 492–496, 1997.
[20] J.-F. Synnev˚ag, A. Austeng, and S. Holm, “Adaptive Beamforming Applied to
Medical Ultrasound Imaging,” IEEE Transactions on Ultrasonics Ferroelectrics
and Frequency Control, vol. 54, no. 8, pp. 1606–1613, 2007.
[21] H. Torp, K. Kristoﬀersen, and B. Angelsen, “Autocorrelation techniques in color
ﬂow imaging: signal model and statistical properties of the autocorrelation
estimates,” IEEE Transactions on Ultrasonics Ferroelectrics and Frequency
Control, vol. 41, no. 5, pp. 604–612, 1994.
[22] A. Papoulis and S. Pillai, Probability, random variables and stochastic processes.
McGraw-Hill, third ed.
[23] A. Jakobsson and P. Stoica, “Combining Capon and APES for estimation of
spectral lines,” Circuits, Systems, and Signal Processing, vol. 19, no. 2, pp. 159–
169, 2000.
68
References
[24] D. Feldman, “An analysis of the projection method for robust adaptive
beamforming,” IEEE Transactions on Antennas and Propagation, vol. 44, no. 7,
pp. 1023–1030, 1997.
[25] F. Schlindweind and D. Evans, “Selection of the order of autoregressive models
for spectral analysis of Doppler ultrasound signals,” Ultrasound in Medicine &
Biology, vol. 16, no. 1, pp. 81 – 91, 1989.
[26] A. Fort, C. Manfredi, and S. Rocchi, “Adaptive SVD-based AR model
order determination for time-frequency analysis of Doppler ultrasound signals,”
Ultrasound in Medicine & Biology, vol. 21, no. 6, pp. 793 –805, 1995.
[27] F. Forsberg, “On the usefulness of singular value decomposition - ARMA models
in Doppler ultrasound,” Ultrasonics, Ferroelectrics and Frequency Control, IEEE
Transactions on, vol. 38, no. 5, pp. 416 –426, 1991.
[28] J.-F. Synnev˚ag, A. Austeng, and S. Holm, “Beneﬁts of Minimum-Variance
Beamforming in Medical Ultrasound Imaging,” IEEE Transactions on Ultrasonics
Ferroelectrics and Frequency Control, vol. 56, no. 9, pp. 1868–1879, 2009.
[29] H. Torp, “Clutter Rejection Filters in Color Flow Imaging: A theoretical
approach,” IEEE Transactions on Ultrasonics Ferroelectrics and Frequency
Control, vol. 44, no. 2, pp. 417–424, 1997.
[30] T. Hergum, B. T.G., L. Løvstakken, K. Kristoﬀersen, and H. Torp, “Reducing
Color Flow Artifacts Caused by Parallel Beamforming,” IEEE Trans Ultrason
Ferroelectr Freq Control, vol. 57, pp. 830–838, 2010.
[31] J. Bercoﬀ, G. Montaldo, T. Loupas, D. Savery, F. Meandzieandre, M. Fink,
and M. Tanter, “Ultrafast compound doppler imaging: providing full blood
ﬂow characterization,” Ultrasonics, Ferroelectrics and Frequency Control, IEEE
Transactions on, vol. 58, pp. 134 –147, january 2011.
69
References
70
Chapter 4
2D Tracking Doppler: A New
Method to Limit Spectral
Broadening in Pulsed Wave
Doppler
Tonje Fredriksen1, Ingvild Kinn Ekroll1, Lasse Løvstakken1, and Hans Torp1
1 MI Lab and Dept. Circulation and Medical Imaging, NTNU
Transit time broadening is a major limitation in Pulsed Wave (PW) Doppler,
especially when the angle between the ﬂow direction and the ultrasound
beam is large. The associated loss in frequency resolution may give severe
overestimation of blood velocities, and ﬁner details in the spectral display are
lost. By using plane wave transmissions and parallel receive beamforming,
multiple PW Doppler signals can be acquired simultaneously in a 2D region.
This enables tracking of the moving blood scatterers over a longer spatial
distance to avoid transit time broadening.
In this work, the new method was tested using in vitro ultrasound recordings
from a ﬂow phantom, and in vivo recordings from a human carotid artery. The
resulting 2D Tracking Doppler spectra showed signiﬁcantly reduced spectral
broadening compared to Doppler spectra generated by the Welch method.
The reduction in spectral broadening was four-fold when the velocity was
0.82m/s and the beam-to-ﬂow angle was 62◦. A signal model was derived and
the expected Doppler power spectra were calculated, showing good agreement
with experimental data. Improved spectral resolution was shown for beam-
to-ﬂow angles between 40◦ and 82◦.
4.1 Introduction
Pulsed Wave (PW) Doppler is an important tool in cardiovascular diagnostics, where
the complete spectrum of blood or tissue velocities is estimated. It is typically
displayed as a two dimensional (2D) sonogram with velocity along the y-axis and time
along the x-axis. Fundamentally, the spectrum of velocities presented will broaden due
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to the so-called transit time eﬀect. Even though a uniform velocity ﬁeld is present, a
spectrum of velocities will be estimated and displayed. The transit time is the eﬀective
observation time of the blood scatterers in the received signal. The scatterers pass
through the insoniﬁed area during a short time interval, and as the velocity increases,
the transit time decreases, resulting in more severe spectral broadening for high
velocities. This limitation makes it more challenging to delineate the true maximum
velocities, decreasing diagnostic conﬁdence and making quantitative analysis more
challenging and less reproducible. In the context of blood velocity measurement,
delineation is particular challenging when high velocity jets are present, for instance
in stenotic regions. The transit time is usually limited by the pulse length. However,
if the beam-to-ﬂow angle is large, the transit time will be given by the beam width.
This is illustrated in Fig. 4.1, where PW Doppler spectra from two situations are
shown. The beam-to-ﬂow angle is small and large in the left and right image panel
respectively.
Attempts to improve spectrum and mean frequency estimation of Doppler signals
are many, but most techniques base the spectral estimation on samples originating
from one spatial position. Recent approaches to increase the spectral resolution in PW
Doppler include non-parametric methods earlier used in direction-of-arrival estimation,
such as the Capon minimum variance estimator[1] and the APES approach[2].
Whereas the commonly used Welch technique is data independent, these two are
data dependent, or data adaptive, signal processing techniques. The adaptive
property is the source of the improved frequency resolution and lower leakage in
the resulting spectra[3]. It was recently reported that the observation window in
PW Doppler could be reduced using two versions of these estimators; the blood
spectral power Capon method (BPC) and the blood spectral amplitude and phase
estimation (BAPES) technique[4]. It was also shown in a clinical feasibility study that
the methods could work robustly for vascular imaging[5]. However, the transit time
presents a fundamental limitation to the gain in spectral resolution when using these
techniques[6]. To obtain improved delineation both in low and high velocity regions,
ways to increase the observation time should be investigated.
A method for generating velocity spectra with reduced spectral broadening, called
“Velocity Matched Spectrum”, has previously been published[7]. By tracking the
scatterers along the direction of the ﬂow, the transit time was increased, giving a
better velocity resolution in the spectrum. A similar method is the ”butterﬂy search”
technique[8], developed by Alam and Parker. In this method the complex demodulated
signal is sampled on diﬀerent delay trajectories (butterﬂy lines) in the slow-time–
fast-time space. If the delay trajectory matches the scatterer movement, all the data
samples will have similar values and their variance will be low. To estimate the velocity,
the butterﬂy lines on which the variance is minimum is searched for. Both of these
methods are limited to track along the direction of the beam, and have shown improved
performance only for small beam-to-ﬂow angles.
We have now extended the “Velocity Matched Spectrum” method to allow for
tracking in a 2D space. An enabling technology for 2D tracking is parallel receive
beamforming, a technique now implemented in most high-end ultrasound imaging
systems. This technology allows for the instantaneous acquisition of multiple image
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Figure 4.1: Two screenshots from a high end ultrasound scanner, Vivid E9 (GE
Vingmed Ultrasound, Norway). B-mode images of a carotid artery are shown at the
top. PW Doppler spectra are shown at the bottom. The beam-to-ﬂow angle was 40◦
for the recording to the left, and 76◦ for the recording to the right. The spectral
broadening is prominent in the recording with the largest beam-to-ﬂow angle.
lines in 2D, without aﬀecting the desired pulse repetition frequency (PRF), by using
plane wave transmissions. Using this scheme we can acquire data that makes it possible
to follow blood or tissue scatterers in 2D space over time. While conventional PW
Doppler algorithms sample the scatterer movement over time from a ﬁxed position,
the proposed algorithm sample at varying positions in space, resulting in an increased
observation time and decreased spectral broadening.
A related approach has been described by J. Jensen et al.[9], where directional
beamforming was done for multiple angles in order to ﬁnd the direction of ﬂow, and a
cross-correlation technique was used to estimate the ﬂow velocity. The method is based
on synthetic aperture where defocused emissions are used, and it therefore suﬀers from
low signal-to-noise ratio (SNR). Further, the approach only includes estimation of the
mean velocity and does not include spectral velocity estimation as in 2D Tracking
Doppler.
In this work, plane wave transmissions and parallel receive beams are used to track
the blood scatterers from pulse to pulse and to construct a Doppler spectrum display
with reduced spectral broadening. The method is tested both in vitro and in vivo.
The 2D Tracking Doppler algorithm is described in Section 4.2.1. The signal model
presented in Section 4.2.2 is used for simulating the expected velocity spectra. In
Section 4.3 the experimental work is described. The results are presented in Section
4.4 and discussed in Section 4.5.
73
4.2. Methods
4.2 Methods
The following terminology is used throughout this and subsequent sections: The fast
time has time steps given by the sampling rate in the range direction, and is indexed
with t. The slow-time has time steps given by the pulse repetition time (PRT) and is
indexed with k. M-mode refers to a plane spanned by a line in space and the slow-time.
x and z are spatial coordinates in azimuth and axial (range) direction respectively.
The new method is based on the properties of the 2D Fast Fourier Transform
(FFT). Flow estimation based on the 2DFFT has been discussed by many authors[10–
12]. Velocity spectra can be generated by taking the 2DFFT of the signal, in the
fast- and slow-time directions, and integrating along lines of diﬀering slope that pass
through the origin[10]. The slope of each line corresponds to one particular velocity
and is given by the relation between the Doppler frequency, fD, and the transmitted
frequency, fz:
fD =
2fzvz
c
,
where vz is the velocity component of the scatterers in the axial direction and c is
the speed of sound. If the ﬂow contains one single velocity, the spectral content of
the signal will extend along a line with angle φ = arctan−1( c2vz ), as illustrated in
Fig. 4.2(a).
It has previously been shown[7] that integration along lines of diﬀering slope in
the 2DFFT is equivalent to summation along lines of diﬀering slope in the fast-time –
slow-time domain. Signal from scatterers with constant velocity that moves along the
ultrasonic beam will make skewed lines in the fast-time – slow-time domain. When
the integration is done along such a line, a peak in the velocity spectrum is observed.
Shortened transit time and broadening of the spectrum will occur when the ﬂow is not
in the direction of the beam. By following the movement of the scatterers between
parallel beams instead of just along one ultrasonic beam, the method is suited for
situations with any beam-to-ﬂow angle. In the Fourier domain this is equivalent to
summation along lines in the fθfD domain, where fθ is the frequency axis in the
direction of the ﬂow.
In Fig. 4.3, tracking of the scatterers using a single ultrasonic beam is compared to
tracking of the scatterers using several parallel beams (multi beam approach) when the
beam-to-ﬂow angle is 62◦. Using the multi beam approach, the signal can be extracted
from a line that follows the direction of the ﬂow. The signal forms lines in the multi
beam M-mode image that are much thinner and extend further than in the single
beam M-mode image, making it better suited for tracking. The multi beam 2DFFT
image shows a signal that is concentrated along a skewed line. In the single beam
approach the shortened transit time makes the signal more dispersed. Also, signal
from low velocity scatterers near the walls contributes to low Doppler frequencies in
the single beam 2DFFT image.
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Figure 4.2: (a): Velocity spectra can be generated by integrating along skewed lines
in the 2DFFT of the signal. If only one velocity is present, the spectral content will
extend along a line with angle φ. (b): Sketch of the imaging plane. The tracking
trajectory was chosen to follow the direction of the blood ﬂow in the middle of the
vessel.
4.2.1 The Algorithm
The 2D Tracking Doppler spectra can be calculated from the complex pre-envelope
signal, u(x, z, k), or from the complex demodulated (IQ) signal, uIQ(x, z, k). The
signal samples are extracted, using 2D spline interpolation, along a user deﬁned
straight line following the direction of the ﬂow, as shown in Fig. 4.2(b). The
data is further processed using a previously published method, “Velocity Matched
Spectrum”[7], to obtain a velocity spectrum.
The signal is processed in two steps:
1. Generating the M-mode matrix:
Data samples are selected along a straight line in space for all k. For a speciﬁc
beam-to-ﬂow angle, θ, the signal can be written as
uθ(r, k) = u(r sin θ, r cos θ, k) ,
uIQ,θ(r, k) = uIQ(r sin θ, r cos θ, k) ,
where r is the distance along the straight line.
2. Generating the velocity spectrum pˆ(v):
Summation is done along straight lines in the M-mode matrix. The slope of each
line corresponds to a particular velocity, and the sum along the line contributes
75
4.2. Methods
Ra
n
ge
Az
0.02 0.025 0.03 0.035
0.02
0.022
0.024
0.026
Mmode
Ra
ng
e
Time
Ra
n
ge
Az
0.02 0.025 0.03 0.035
0.02
0.022
0.024
0.026
Mmode
Sp
ac
e
Time
Imaging plane
Imaging plane
2D FFT
2D FFT
Si
ng
le
 b
ea
m
M
ul
ti
 b
ea
m
0 1000 2000 3000 4000
2
4
6
8
10 x 10
6
f θ
 c
o
s 
θ
fD
0 1000 2000 3000 4000
2
4
6
8
10 x 10
6
f z
fD
Figure 4.3: Tracking of the scatterers using a single ultrasonic beam is compared
to tracking of the scatterers using several parallel beams. The beam-to-ﬂow angle is
62◦. The images to the left show the imaging plane. The ﬂow is in the direction of
the white arrow. The red line illustrates the tracking trajectory. In the images in the
middle the signal is displayed in a plane spanned by the red line and the slow-time
(M-mode image). The signal lines in the multi beam M-mode image are much thinner
and extend further than in the single beam M-mode image. In the images to the right
the complex pre-envelope signal is displayed in the 2D Fourier domain. They show
a signal that is more concentrated along a skewed line in the multi beam approach
compared to the single beam approach.
to the power in one velocity cell in the velocity power spectrum. Since uIQ is
complex demodulated, a phase correction factor must be included to account
for the axial motion. A sliding-window approach is applied in the slow-time
direction using a smooth window to reduce sidelobes.
pˆ(v) =
∣∣∣∣∣
∑
k
w(k)uθ(r0 + kvT, k0 + k)
∣∣∣∣∣
2
=
∣∣∣∣∣
∑
k
w(k)uIQ,θ(r0 + kvT, k0 + k)e
iωdkΔt
∣∣∣∣∣
2
,
Δt =
2vT cos θ
c
,
where w is the window function with length N and deﬁned for k ∈ [−N/2, N/2],
v is a velocity, r0 and k0 are the center positions in range and time, ωd is the
angular demodulation frequency and T is the pulse repetition time.
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The corresponding expression for a conventional velocity spectrum is given by
pˆconv(v) =
∣∣∣∣∣
∑
k
w(k)uθ(r0, k0 + k)e
iω0kΔt
∣∣∣∣∣
2
=
∣∣∣∣∣
∑
k
w(k)uIQ,θ(r0, k0 + k)e
iω0kΔt
∣∣∣∣∣
2
,
where ω0 is the received center frequency.
4.2.2 Signal Model
The method was investigated by simulating the expected Doppler power spectra
using an extended version of the signal model presented in[13] and[7]. The following
derivations will add thermal noise, clutter ﬁltering and tracking of the scatterers
between parallel beams to the model. When deriving the expressions for the expected
Doppler power spectra it is convenient to use the complex pre-envelope of the received
signal, but the same calculations apply to the IQ signal.
The constructed complex pre-envelope signal, s(x, z, k), is sampled along a line
with angle θ, with respect to the z-axis. This can be described as a multiplication of
the signal with a delta function:
sθ(r, k) = s(x, z, k) · δ(z − x tan θ) ,
where r is a continuous variable. The signal can be characterized by its autocorrelation
function, deﬁned as
Rsθ (ρ,m) ≡ 〈sθ(r, k)∗sθ(r + ρ, k +m)〉 ,
where ∗ denotes the complex conjugate and 〈〉 is the expectation value operator. By
including a noise term, n(r, k), the thermal noise in the signal is accounted for, giving
a combined signal
sn(r, k) = sθ(r, k) + n(r, k) .
and its autocorrelation function
Rsn(ρ,m) = Rsθ (ρ,m) +N0δ(ρ)δ(m) , (4.1)
where N0 is the noise power.
Clutter ﬁltering is done in slow-time, with a high pass ﬁlter with impulse response
h(k). Bandpass ﬁltering is done with a ﬁlter b(r) to match the bandwidth of the
sampled signal. The ﬁltered signal and its autocorrelation function is given by
sf (r, k) = sn(r, k)⊗r b(r)⊗k h(k) ,
Rsf (ρ,m) = Rsn(ρ,m)⊗ρ b2(ρ)⊗m h2(m) , (4.2)
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where ⊗ means convolution and the subscript 2 indicates short notation for the
autocorrelator operator. Inserting (4.1) into (4.2) and utilizing that sθ(r, k) and b(r)
has the same bandwidth we get
Rsf (ρ,m) = Rsθ (ρ,m)⊗ρ b2(ρ)⊗m h2(m)
+N0b2(ρ)⊗ρ δ(ρ) ·h2(m)⊗m δ(m)
= Rsθ (ρ,m)⊗m h2(m) +N0b2(ρ) ·h2(m) . (4.3)
The velocity spectrum is then given by
pˆ(v) =
∣∣∣∣∣
∑
k
w(k)sf (r0 + kvT, k0 + k)
∣∣∣∣∣
2
=
∑
k1,k2
w∗(k1)w(k2)
· s∗f (r0 + k1vT, k0 + k1)sf (r0 + k2vT, k0 + k2) ,
and its expectation value is
〈pˆ(v)〉 =
∑
k1,k2
w∗(k1)w(k2)
· 〈s∗f (r0 + k1vT, k0 + k1)sf (r0 + k2vT, k0 + k2)〉
=
∑
k
w2(k)Rsf (kvT, k) , (4.4)
where k = k2 − k1. Inserting (4.3) into (4.4) we get
〈pˆ(v)〉 =
∑
k
w2(k)(Rsθ (kvT, k)⊗k h2(k)
+N0b2(kvT )h2(k))
=
∑
k,n
w2(k)Rsθ (kvT, k − n)h2(n)
+
∑
k
w2(k)N0b2(kvT )h2(k) . (4.5)
If the blood ﬁeld is stationary and has a uniform velocity v0 in the direction θ, the
autocorrelation function can be written in terms of the pulse-echo response, g(r):
Rsθ (ρ,m; v0) = g2(ρ−mv0T ) . (4.6)
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Inserting (4.6) into (4.5) we obtain the expected power spectrum for the 2D Tracking
Doppler method:
〈pˆ(v | v0)〉 =
∑
k,n
w2(k)g2(kvT − (k − n)v0T )h2(n)
+
∑
k
w2(k)N0b2(kvT )h2(k) . (4.7)
Using the same signal model, but only considering samples originating from a ﬁxed
position in space, we can calculate the expected power spectrum for the conventional
PW Doppler method:
〈pˆconv(v)〉 =
∑
k
w2(k)Rsf (0, k)e
−iω0kΔt
=
∑
k,n
w2(k)Rsθ (0, k − n)h2(n)e−iω0kΔt
+
∑
k
w2(k)N0b2(0)h2(k)e
−iω0kΔt , (4.8)
where ω0 is the received center frequency. Inserting (4.6) into (4.8) we get
〈pˆconv(v | v0)〉 =
∑
k,n
w2(k)g2(−(k − n)v0T )h2(n)e−iω0kΔt
+
∑
k
w2(k)N0b2(0)h2(k)e
−iω0kΔt . (4.9)
The ﬁnal expressions of the expected Doppler power spectra include the
autocorrelation of the pulse-echo response, g2. In order to calculate g2 the spectral
density function, G(fx, fz), of the received signal needs to be modeled. This can
be done using the principles of the Fraunhofer approximation, which states that the
lateral variation of the ultrasound ﬁeld at the focal depth can be approximated as the
Fourier transform of the product of the aperture and apodization functions [14]. The
Fourier transform of this ultrasound ﬁeld is thus a scaled version of the aperture and
the apodization function. In fast time, the frequencies are centered on 2f0/c, where
f0 is the center frequency of the received signal[15].
The sampling of the signal along a line with angle θ is described above by a
multiplication of the signal with a delta function, δ(z−x tan θ). In the spatial Fourier
domain this corresponds to a convolution of the spectral density function with another
delta function:
Gθ(fθ) = G(fx, fz)⊗ δ(fz − fx tan(θ + 90◦))
∣∣
(fθ sin θ,fθ cos θ)
,
where Gθ is the spectral density function along the axis fθ which has an angle θ with
respect to the fz axis. As illustrated in Fig. 4.4, the convolution can be described as
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Figure 4.4: Sketch of the signal in the Fourier domain. Sampling the signal along
a straight line in space is the same as projecting the signal to a line with the same
angle in the Fourier domain. The beam-to-ﬂow angle is θ, the radial distribution of
frequencies is assumed to be Gaussian and the lateral distribution is given by the
apodization function, which is a Hamming window.
a projection of the spectral content of the signal to a line with angle θ which extend
through the origin. Gθ can be found numerically by summing the spectral contribution
from each radial frequency:
Gθ =
∑
fz
wa
(
fθ − fz cos θ
0.5Bx(fz) sin θ
)
Gz(fz) ,
where wa is the apodization function, Bx is the bandwidth and Gz is the spectral
density function along the fz axis.
The Wiener-Khinchin theorem states that the power spectral density of a wide-
sense-stationary random process is the Fourier transform of the corresponding
autocorrelation function[16]. g2 can hence be found by taking the inverse Fourier
transform of Gθ.
g2 = F−1(Gθ) .
80
Chapter 4. 2D Tracking Doppler
4.3 Experiments
The 2D Tracking Doppler method was tested both in vitro and in vivo, and compared
with a conventional PW Doppler method. Recordings were done using a SonixMDP
ultrasound scanner with a 5MHz linear probe and a SonixDAQ for channel data
acquisition (Ultrasonix, Richmond, BC, Canada). The acquisition consisted of
continuous plane wave transmissions with a PRF of 4 kHz. The RF channel data was
IQ-demodulated and low-pass ﬁltered to reduce the noise bandwidth, and beamformed
using a Hamming window over the active receive aperture. The acquisition setup and
the post processing parameters are listed in Table 4.1.
Table 4.1: Parameters
Acquisition Setup Post Processing Parameters
Parameter Value Parameter Value
Tx center frequency 5MHz Tracking length 1.5 cm
Pulse periods 2.5 Window Hamming
PRF 4 kHz Window length 32 samples
F-number 1.4 HP-ﬁlter FIR, order 50
HP-ﬁlter cutoﬀ 32Hz
The conventional PW Doppler spectrum was generated from a range of
approximately 2 mm in the middle of the vessel or tube, using the Welch technique.
The slow-time window length was 32 samples for both methods. At the highest
velocities, the tracking length was approximately 1.5 cm for the 2D Tracking Doppler
method. Further, the 2D Tracking Doppler spectra were averaged in the direction of
the ﬂow. The SNR was high both in vitro and in vivo. White noise was therefore
added in the post processing of the data to mimic a more realistic clinical situation
with moderate SNR. The same amount of noise was added both in the conventional
method and the 2D Tracking Doppler method.
4.3.1 In Vitro Recordings
In vitro ﬂow studies give a controlled situation of the ﬂow and are easily repeatable.
Therefore, to investigate the performance of the new method, recordings were done
using a ﬂow phantom representing a carotid artery. A sketch of the experimental
setup is shown in Fig. 4.5. The ﬂow phantom consisted of a tube with an inner
diameter of 6mm that was coupled to a ﬂow loop. A pulsatile ﬂow was achieved
using the PhysioPulse 100 Flow System (Shelley medical image technologies). The
phantom was ﬁlled with a blood mimicking ﬂuid that has been tested and described
by Ramnarine et. al.[17]. The ﬂuid exhibited characteristics very similar to those
of blood, but produced stronger backscattered echoes. Two scan angles were applied
giving beam-to-ﬂow angles of 62◦ and 82◦.
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Figure 4.5: The experimental setup. The ﬂow phantom consisted of a tube with
an inner diameter of 6mm that was coupled to a ﬂow loop. A pulsatile ﬂow was
achieved using the PhysioPulse 100 Flow System. The phantom was ﬁlled with a
blood mimicking ﬂuid.
4.3.2 In Vivo Recordings
The method was tested on an in vivo recording of a carotid artery in a healthy
volunteer. The region of interest (ROI) was placed in the common carotid artery,
where the blood ﬂow angle was unidirectional. The beam to ﬂow angle was 70◦.
4.4 Results
The expected 2D Tracking Doppler power spectra and the expected conventional PW
Doppler power spectra were simulated, using equation (4.7) and (4.9), with a constant
velocity of 0.82m/s and beam-to-ﬂow angles of 62◦ and 82◦. The results are shown
in Fig. 4.6. They show a noise ﬂoor that is approximately 7 dB lower for the 2D
Tracking Doppler spectrum compared to the conventional PW Doppler spectrum.
The simulations with a beam-to-ﬂow angle of 62◦ show a main lobe resolution at -3 dB
of approximately 0.1m/s for the 2D Tracking Doppler spectrum and 0.4m/s for the
conventional PW Doppler spectrum. The simulations with a beam-to-ﬂow angle of 82◦
show a main lobe resolution at -3 dB of approximately 0.2m/s for the 2D Tracking
Doppler spectrum and 1.2m/s for the conventional PW Doppler spectrum.
In Fig. 4.7 the main lobe resolution at -3 dB is plotted with respect to the beam-
to-ﬂow angle. The results show improved velocity resolution for beam-to-ﬂow angles
between 40◦ and 82◦.
Fig. 4.8 shows conventional PW Doppler spectra and 2D Tracking Doppler spectra
generated from in vitro ultrasound recordings of pulsatile ﬂow in a straight tube. In
the upper panel spectra the beam-to-ﬂow angle was 62◦. For this beam-to-ﬂow angle
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Figure 4.6: Simulations of the expected Doppler power spectra. The expected
conventional Doppler power spectra are shown in green and the expected 2D Tracking
Doppler power spectra are shown in blue. The spectra in the left and right panel were
simulated with a beam-to-ﬂow angle of 62◦ and 82◦ respectively. The simulations were
done using a constant velocity of 0.82m/s. The signal model includes white noise and
clutter ﬁltering.
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Figure 4.7: The velocity resolution of the simulated Doppler power spectra at -3 dB
for beam-to-ﬂow angles between 40◦ and 82◦. The expected velocity resolution for
the conventional Doppler power spectra is shown in green and the expected velocity
resolution for the 2D Tracking Doppler power spectra is shown in blue. The simulations
were done using a constant velocity of 0.82m/s.
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Figure 4.8: Doppler spectra generated from in vitro recordings of pulsatile ﬂow in a
straight tube. The spectra were generated using a conventional PW Doppler method
and the 2D Tracking Doppler method. The dynamic range in decibel (dB) is given
by the colorbar. The large beam-to-ﬂow angles gave excessive spectral broadening for
the highest velocities in the spectra generated by the conventional method. For the
2D Tracking Doppler spectra the spectral broadening has been reduced.
an approximately four-fold decrease in the spectral broadening can be observed for the
largest velocities in the 2D Tracking Doppler spectrum compared to the conventional
PW Doppler spectrum. A ripple eﬀect in the velocity-time waveform can be observed
in the 2D Tracking Doppler spectrum. These oscillations indicate that the ﬂow pump
was not running evenly. Due to the spectral broadening they are not visible in the
conventional approach. In the lower panel spectra the beam-to-ﬂow angle was 82◦.
For this beam-to-ﬂow angle the velocities in the conventional PW Doppler spectrum
are signiﬁcantly smeared, whereas the velocities in the 2D Tracking Doppler spectrum
can still be resolved.
Fig. 4.9 shows a conventional PW Doppler spectrum and a 2D Tracking Doppler
spectrum generated from an in vivo ultrasound recording from the carotid artery of a
healthy volunteer. The beam-to-ﬂow angle was 70◦. An increased velocity resolution
can be observed in the 2D Tracking Doppler spectrum compared with the conventional
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Figure 4.9: Doppler spectra generated from an in vivo recording of a carotid artery.
The spectra were generated by a conventional PW Doppler method and the 2D
Tracking Doppler method. The dynamic range in dB is given by the colorbar. The
angle between the ﬂow and the ultrasound beam was 70◦, giving excessive spectral
broadening for the highest velocities in the conventional spectrum. In the 2D Tracking
Doppler spectrum the spectral broadening has been reduced.
PW Doppler spectrum, indicating that the method is applicable for in vivo imaging.
In Fig. 4.10 velocity spectra generated by the 2D Tracking Doppler method and
the conventional PW Doppler method are compared to their corresponding simulated
velocity spectra. The in vitro spectra were generated from a part of the dataset
containing an approximately constant velocity of 0.82m/s. The beam-to-ﬂow angle
was 62◦. The spectra were averaged using 68 time samples. The simulated velocity
spectra were generated using (4.7) and (4.9) and by inserting the same parameters as
used in the in vitro experiment.
4.5 Discussion
The results show that spectral broadening can be considerably reduced when applying
the 2D Tracking Doppler method compared with a conventional PW Doppler method.
This can be explained by the increased transit time that is achieved when following
the scatterers in space. An increased velocity resolution can be observed in the spectra
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Figure 4.10: Doppler power spectra generated by the 2D Tracking Doppler method
and the conventional PW Doppler method. Spectra generated from an in vitro
recording are compared with their corresponding simulated spectra. The ﬂow had
a velocity of 0.82m/s at an angle of 62◦ compared to the ultrasound beam.
generated from both the in vitro and in vivo ultrasound recordings. The simulation
results also show a signiﬁcant increase in velocity resolution for a wide range of beam-
to-ﬂow angles.
The 2D Tracking Doppler method is based on a plane wave acquisition. It is
well known that the lack of transmit focusing results in reduced penetration depth.
Reduced penetration can cause low SNR in situations where the region of interest is
situated at large depths. However, in our experiments the penetration was suﬃciently
high. Also, the properties of the 2D Tracking Doppler method increase the SNR in
the velocity spectra. Flow in cylindrical geometries, such as the straight tube and
the carotid artery, has a constant velocity proﬁle in the direction of the ﬂow. By
selecting data samples from a line in the middle of the cylinder, the scatterers have
approximately equal velocity. The signal will therefore match in phase when summed
in the 2D Tracking Doppler algorithm. This results in a better SNR in the 2D Tracking
Doppler spectra compared with the conventional PW spectra, which is evident in both
the in vitro and in vivo results.
Simulations of the expected Doppler power spectra were performed using an
extended version of the signal model used in[7], including thermal noise and clutter
ﬁltering. Out-of-plane movement was not taken into account. The simulated spectra
therefore describe an ideal situation where the ﬂow direction is in the imaging
plane and the beam-to-ﬂow angle is measured precisely. Any out-of-plane movement
or incorrect positioning of the tracking line would broaden the main lobe in the
power spectrum. However, the simulated spectra corresponded well with the spectra
generated from the in vitro recordings, showing 4 times increase in spectral resolution,
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and 7 dB increase in spectral SNR (see Fig. 4.10). This may give new opportunities
in blood ﬂow imaging when it is desired to place the probe in an angle that is not
parallel with the ﬂow.
The 2D Tracking Doppler approach may have several advantages clinically. First
of all, it may increase quantitative accuracy and reproducibility when tracing the
envelope of the Doppler spectrum, due to the estimation and display of spectra with
an increased accuracy and resolution. This is especially the case for high velocity
blood ﬂow that we often see in relation to pathology. It may also in general increase
diagnostic conﬁdence during visual assessment of Doppler spectra. The 2D approach
to velocity estimation also provides opportunities for resolving the ambiguity problem
when the maximum velocity is beyond the Nyquist limit. This has earlier been shown
for blood ﬂow direction along the ultrasound beam[7].
The use of parallel receive beamforming allows for PW Doppler based on a 2D or 3D
acquisition scheme such as color-Doppler imaging. Using this approach it is possible
to calculate and display multiple simultaneous velocity spectra from arbitrary spatial
positions in the image region. This can be useful when quantifying valve leakages
or vessel stenosis, and the approach may also help to improve workﬂow when both
color-Doppler imaging and PW Doppler measurements are part of the protocol. The
acquisition setup for color-Doppler is typically diﬀerent from that of PW Doppler. For
instance, the beam and pulse characteristics are chosen such that an increased spectral
broadening is expected in the calculated sonograms when based on color-Doppler
acquisition. The color-Doppler setup is on the other hand well suited for tracking
purposes (shorter pulses and lower F-number), and by combining retrospective PW
Doppler with the tracking technique it is possible to compensate for the decreased
transit time in a combined acquisition mode.
An important challenge for the 2D Tracking Doppler method to work in practice
is to extract data along the correct trajectory through a 3D (2D tracking + time)
data set, following the movement of the blood scatterers. In this work the trajectory
was determined from a B-mode image of the artery or tube and chosen as a straight
line. This approach may not be suitable for more complex ﬂow ﬁelds. Curved ﬂow
ﬁelds, accelerated ﬂow and turbulent ﬂow were not considered in this work. To
avoid broadening of the velocity spectrum, the ﬂow has to be constant for a length
corresponding to the tracking length. In this work the maximum tracking length was
1.5 cm, which could be too long in the situations described above. One solution could
be increasing the PRF which would decrease the required tracking length. Still, high
velocity ﬂow ﬁelds that change rapidly in space, such as jet ﬂows, could be a challenge
to estimate accurately. Additionally, steady-state ﬂow conditions are assumed, which
is true for short time intervals (10 ms[18]) similar to the observation time applied in
this work.
4.6 Conclusion
A new method to limit spectral broadening in PW Doppler has been presented. By
sampling the in-plane scatterer movement in the direction of ﬂow an increased transit
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time was achieved. This was feasible without compromising the pulse repetition
frequency, as plane wave transmission and parallel receive beamforming were utilized.
The velocity spectra generated by the 2D Tracking Doppler method had signiﬁcantly
reduced spectral broadening compared to spectra generated by a conventional PW
Doppler method. Increased quantitative accuracy and reproducibility when tracing
the envelope of the Doppler spectrum is expected, due to the estimation and display
of spectra with increased accuracy and resolution.
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Simultaneous Quantiﬁcation
of Flow and Tissue Velocities
Based on Multi-Angle Plane
Wave Imaging
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A quantitative angle independent 2D modality for ﬂow and tissue imaging
based on multi-angle plane wave acquisition was evaluated. Simulations of
realistic ﬂow in a carotid artery bifurcation were used to assess the accuracy of
the vector Doppler (VD) technique. Reduction in root mean square deviation
from 27 cm/s to 6 cm/s and 7 cm/s to 2 cm/s was found for the lateral (vx)
and axial (vz) velocity components respectively when the ensemble size was
increased from 8 to 50. Simulations of a Couette ﬂow phantom (vmax =
2.7 cm/s) gave promising results for imaging of slowly moving tissue, with
root mean square deviation of 4.4mm/s and 1.6mm/s for the x- and z-
components respectively. A packet acquisition scheme providing both B-mode
and vector Doppler RF data was implemented on a research scanner, and
beamforming and further post processing was done oﬄine. In vivo results of
healthy volunteers were in accordance with simulations and gave promising
results for ﬂow and tissue vector velocity imaging. The technique was also
tested in patients with carotid artery disease. Using the high ensemble vector
Doppler technique, blood ﬂow through stenoses and secondary ﬂow patterns
were better visualized than in ordinary color Doppler. Additionally the full
velocity spectrum could be obtained retrospectively for arbitrary points in
the image.
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5.1 Introduction
Stroke is a major cause of disability and the second leading cause of death worldwide[1],
and plaques in the precerebral arteries are responsible for as much as 20% of all
strokes of thromboembolic origin[2, 3]. In this respect, there is a need for improved
non-invasive diagnostic tools to assess developing cardiovascular disease in the carotid
arteries. Ultrasound has been used to assess the degree of carotid stenosis due to
atherosclerosis since the early days of Doppler sonography[4]. However, there is no
general agreement to the reliability of the result of a Doppler ultrasound examination,
as the degree of stenosis cannot be described by any universally accepted set of
criteria[5]. Moreover, the degree of stenosis does not contain information about the
vulnerability of the plaque.
A common and world-wide accepted method for assessing the degree of carotid
stenosis using ultrasound is estimating the peak systolic velocity (PSV) in the
stenosed region[6]. However, these estimates are also inﬂuenced by other factors
than the actual diameter reduction, giving large variability in the outcome. Both
patient variability, for instance whether collateral ﬂow is present (which will lower
the intrastenotic velocity), and variability in angle of insonation or the manually set
correction angle[5, 7] inﬂuence the estimate of the degree of stenosis.
In addition to morphology and measurements of normal and abnormal ﬂow in
the stenosed carotid arteries, vessel wall stiﬀness, wall shear stress and plaque
deformation are all important parameters in the pathophysiology and development of
atherosclerosis. Ultrasound applications assessing these parameters require an angle
independent and accurate quantiﬁcation of blood and tissue velocities which so far has
been lacking. Current color ﬂow imaging (CFI) based methods are only of limited use
for quantitative measurements, essentially due to three factors: 1) CFI has a limited
measurable velocity span due to wall ﬁltering and aliasing. 2) The velocity measured
and displayed is dependent on the beam-to-ﬂow angle. 3) Conventional line-by-line
acquisition is time consuming, limiting the frame rate and/or image quality. The latter
is especially true for duplex or triplex modalities.
Cross-beam vector Doppler has been one of the main approaches to two-
dimensional ﬂow imaging since the onset of the idea in the 1970s. Using triangulation,
the 1D velocity estimates from two diﬀerent angles of insonation can be used to
reconstruct a 2D velocity vector[8]. Speckle tracking, where the interference pattern
from ﬂowing blood is tracked between consecutive ultrasound images[9] and other
approaches such as the Doppler bandwidth method[10, 11], the spatial quadrature
approach[12] and the transverse oscillation technique[13–15] are also able to reproduce
2D velocity ﬁelds. Although extensive research has been done in the ﬁeld of 2D blood
ﬂow imaging[8, 16], it has not yet reached clinical practice. This may be due to
lack of robustness, giving limited practical applicability, as well as limitations in the
acquisition, giving low frame rates.
Given advances in parallel beamforming, a quantitative 2D ﬂow imaging modality
can be approached using plane waves on transmit and parallel beamforming on receive.
The substantial gain in acquisition rates may be used for near instantaneous snapshots
of ﬂow and tissue movement, and the technique has been utilized for elastography[17],
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simultaneous imaging of artery-wall strain and blood ﬂow[18] and more recently for
ultrafast compound Doppler imaging[19] and vector velocity imaging[20, 21]. The
latter work utilized coded excitation and speckle tracking to obtain robust vector
velocity estimates.
The high acquisition rate could also be used to increase the robustness and span of
the estimated velocities, by increasing the ensemble length beyond the normal range
of 8–16 transmissions. An increase in both pulse repetition frequency (PRF) and
slow-time ensemble length allows a low clutter ﬁlter cut-oﬀ frequency while a high
Nyquist limit is retained[22]. Further, large ensemble lengths allows generation of
Pulsed Wave (PW) Doppler spectra from arbitrary image positions, as demonstrated
in[19] for continuous Doppler acquisition. Throughout the text, ensemble length and
packet size are both used to indicate the number of slow time samples used to form
the autocorrelation estimates.
In this work the aim is to evaluate a plane-wave acquisition scheme for 2D vector
Doppler imaging, used in a duplex setting to maintain suﬃcient B-mode image quality.
We investigate whether both arterial ﬂow and tissue velocities can be estimated with
suﬃcient accuracy from the same acquisition. Further, the feasibility of retrospective
PW Doppler will be demonstrated. All together, the investigated acquisition scheme is
a single modality for vascular imaging that could allow for simultaneous examination
of both ﬂow ﬁeld, wall velocities and peak systolic velocity. As the true vector
velocity ﬁeld is unknown in vivo, a simulation environment developed by Swillens
et al.[23] was used to assess the accuracy of blood velocity estimates derived from the
vector Doppler acquisition scheme. After implementing the acquisition in a research
ultrasound system, the technique was also tested on healthy volunteers and patients
with carotid artery disease.
5.2 Methods
5.2.1 Simulation study
The 2D vector Doppler technique was simulated using the Field II[24] simulation
software, where blood is modeled as a collection of random point scatterers. The
number of point scatterers was suﬃcient to ensure a normally distributed RF signal,
approximately 10 per resolution cell. The size of the resolution cell was calculated
based on the receive F-number, transmit frequency and pulse length. A scatterer
phantom derived from computational ﬂuid dynamic (CFD) simulations of ﬂow in
a carotid artery bifurcation was used to mimic realistic scatterer displacement in
complex blood ﬂow conditions. The CFD model was constructed based on MRI-
scans of a healthy volunteer, in which an eccentric plaque was artiﬁcially added in
the internal branch. The applied boundary conditions were a velocity proﬁle at the
common carotid, measured with PW Doppler in a healthy volunteer, and a 45-55%
externa-interna ﬂow division. An illustration of the imaging setup and the carotid
bifurcation phantom can be found in Fig. 5.1. Swillens et al.[23] have previously
presented the method and the bifurcation phantom used in the present simulation
study, where the output of CFD is coupled with Field II. For each emitted beam, the
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Figure 5.1: An illustration of the vector Doppler imaging setup with the carotid
bifurcation phantom used in simulations. Two plane waves of opposite steering angle
were transmitted and full parallel beamforming was used on receive, giving a large
image sector. The common, internal and external carotid arteries are indicated as
CCA, ICA and ECA respectively, whereas θ is the steering angle. The curve depicted
within the CCA illustrates the time-varying boundary velocity proﬁle.
scatterer position is updated based on the CFD velocity ﬁelds, utilizing both temporal
and spatial interpolation to match the ultrasound timescale and to ensure random
scatterer placement. Further details on the CFD-US coupling can be found in[23].
A simpler cylindrical phantom with analytical Couette ﬂow was also included. The
maximum measurable velocity was only 2.7 cm/s. The rotating ﬂow provides a range
of velocities at all possible angles with the transmitted beam. This was done to mimic
an imaging situation with slowly moving vessel walls, where the beam-to-movement
angle may change completely throughout the cardiac cycle. Moving scatterers were
present in the region where 0.25 cm≤ r≤1 cm, and the phantom was placed at a depth
of 2 cm, similar to the carotid phantom.
White noise was added to give a signal-to-noise ratio (SNR) of 30 dB in both
simulation cases. The accuracy of the velocity estimates was assessed by calculation
of the root mean square (RMS) deviation between estimates and the ground truth
from CFD simulations.
The plane wave acquisition consisted in both cases of equal transmit and receive
angles in an interleaved scheme with two plane waves of opposite steering angle. A
10◦ steering angle gave a 3 cm wide overlap at 2.5 cm depth. Ensembles of 50 Doppler
samples were simulated with an imaging PRF of 8 kHz to achieve a slow time Doppler
PRF of 4 kHz in each direction. Polynomial regression ﬁlters were used to include
clutter ﬁlter eﬀects in the simulations of carotid ﬂow, while no clutter ﬁlter was applied
in the analysis of the tissue mimicking phantom. Parallel beamforming was used on
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Table 5.1: Simulation parameters
Parameter Value
Probe type 192 element linear array
Elements used on transmit 192
Pitch [μm] 250
Center frequency f0 [MHz] 5
PRF [kHz] 8
Ensemble lengths 8→50
Cycles @ f0 2.5
Transmit angle [deg] ±10
Receive angle [deg] ±10
Receive F# 1.4
Transmit F# ∞
receive to generate a full image per emitted plane wave, using a receive F-number of
1.4. Further speciﬁcations on the ultrasound simulations can be found in Table 5.1.
In order to provide a comparison between focused and unfocused Doppler imaging,
a simulation of stationary parabolic ﬂow in a straight tube was included. In the center
of the tube, the true velocity magnitude was 30 cm/s. The carotid simulations were
based on a time-varying ﬂow proﬁle, and was therefore not used for this purpose, as the
high packet size would result in large time-lag artifacts in the focused case. The tube
was placed at a depth of 2 cm and angled 30◦ with the horizontal direction, resulting
in a beam-to-ﬂow angle of 50◦ and 70◦ for the two transmit/receive directions. For
the plane wave simulation, the imaging setup was equal to that described above. In
the focused simulation, the transmit focus was set to 2 cm, and one receive beam
was generated per transmit beam. The number of pointscatterers used in the ﬂow
simulations was again 10 per resolution cell. However, for illustration purposes, Fig. 5.2
gives a depiction of the phantom where the scatterer density is reduced by a factor
100. The true positions of the pointscatterers are indicated by black circles.
5.2.2 In vivo implementation
An angled plane wave setup for vector Doppler acquisition corresponding to the
simulation setup was implemented on a Sonix MDP ultrasound system (Ultrasonix,
Richmond, BC, Canada) using the development toolkit Texo which allows custom
transmit sequences to be created. A Sonix DAQ (Ultrasonix, Richmond, BC, Canada)
was used for channel data acquisition. The packet acquisition scheme consisted of a
plane wave B-mode compound sequence and a vector Doppler sequence for a total of
43 + 2×50 transmit events per duplex frame. This gave a Doppler packet size of 50, as
used in simulations. 63 duplex frames (4 GB of data) corresponded to approximately
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Figure 5.2: The ﬁgure shows images of a set of stationary pointscatterers, using
focused and unfocused transmit for the left and right image respectively. As expected,
the edge waves give a substantial degradation of the image quality.
one second with the PRFs used. The channel RF data was IQ-demodulated and
low-pass ﬁltered to reduce the noise bandwidth, and beamformed using a Hamming
window over the active receive aperture. B-mode images were formed using coherent
plane wave compounding[25], by beamforming echoes from 43 diﬀerent transmit angles
to a common grid, followed by summation of the IQ data at all grid-points. Doppler
data were beamformed using a tilted receive angle equal to the transmit angle to
maximize the separation angle between the Doppler shifts from the two insonations.
Imaging parameters for B-mode and Doppler in vivo acquisition in the duplex scheme
are found in Table 5.2.
Safety measurements
Both thermal and acoustical measurements were done to ensure that the transmitted
pressure ﬁeld satisﬁes the limits for in vivo imaging proposed by the Food and Drug
Administration (FDA)[26]. The multi-angle plane wave acquisition scheme was tested
using a Sonix MDP scanner with a L9-4/38 linear probe. In Table 5.3 both transmit
settings and measurements can be found for two diﬀerent plane wave acquisition
schemes; one more suitable for Doppler and one more suitable for B-mode compound
imaging.
A carotid patient feasibility study is on-going, with 12 patients included so far. The
study was approved by The Regional Committee for Medical and Health Research
Ethics (REC) and written consent was received from each participant. As seen in
Table 5.3, surface heating was the limiting factor, leading to a compromise between
penetration depth and PRF. The packet acquisition used in the in vivo recordings is
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Table 5.2: In vivo imaging parameters
Parameter B-mode Doppler
Probe L9-4/38
Probe type 128 element linear array
Elements used on transmit 128
Pitch [μm] 304
TxFrequency f0 [MHz] 6.7 5
PRF [kHz] 12 8
Cycles @ f0 1.5 2.5
Transmit angle [deg] −7.2 → 7.2 ±10
Receive angle [deg] 0 ±10
Δangle tx [deg] 0.34 20
Receive F# 1.4 1.4
Eﬀective transmit F# 4 ∞
Table 5.3: Safety measurements
Settings 1 2
TxFrequencyf0 5 6.7 [MHz]
Aperture 128 128 [elements]
Cycles@f0 2.5 1.5
Focal depth ∞ ∞ [mm]
PRF 12 15 [kHz]
Drive voltage, Vpp 56 68 [V]
Acoustic measurements FDA limit
MI 0.4 0.3 1.9
Ispta [mW/cm2] 124 63 720
Temperature FDA limit
ΔTair (measured for 30 min) [
◦C] 23 18.3 27
ΔTphantom (measured for 30 min) [
◦C] 6.5 9.1 10
a duplex modality combining the two setups in Table 5.3, however with a lower PRF
(8 and 12 kHz for the Doppler and B-mode respectively) than the maximally allowed
from safety considerations and a drive voltage of 68V, resulting in reduced surface
heating.
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Figure 5.3: Frequency responses of the polynomial regression ﬁlters used for clutter
rejection. Filter orders were chosen to give a comparable stop band attenuation for
the diﬀerent ensemble lengths, resulting in diﬀerent characteristics in the transition
band. Note: The frequency axis has been shortened.
5.2.3 Vector velocity estimation
The velocity vector components were obtained in the whole image region simultane-
ously by combining overlapping Doppler measurements from two directions as given
in equation (5.1)[27]
vx =− c
4 f0 sin(θ)
(fˆ1 − fˆ2)
vz =− c
4 f0 cos(θ)
(fˆ1 + fˆ2)
(5.1)
where the separation angle between the two transmit/receive directions is 2θ, c is the
speed of sound, f0 is the pulse center frequency and fˆ1, fˆ2 are the Doppler frequencies
estimated from the IQ data based on the temporal autocorrelation function with
lag one; fˆ =  (Rˆ(1))/2π × PRF [28, 29]. Frequency estimates at positions where
the power was below a certain threshold after clutter rejection was clamped to zero
for that direction. Spatial averaging of the autocorrelation estimate over an area of
approximately 1× 1mm was used both in simulations and in vivo to further improve
the estimates.
5.2.4 Clutter ﬁltering
Clutter ﬁltering is one of the major challenges in vector Doppler imaging as it is
desirable to keep a high velocity range for blood ﬂow, whereas the signal from moving
tissue should be suppressed. A ﬁlter with good stop band attenuation and steep
transition region is therefore preferable. Designing such a ﬁlter is challenging for
short ensemble signals, but eases considerably when the ensemble size increases. In
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order to quantify the improved accuracy in 2D vector velocity estimates for increasing
ensemble lengths, regression ﬁlters with comparable stop band attenuation were chosen
for the diﬀerent ensembles. Polynomial regression ﬁlters were used as they have a
narrower transition region for equal stopband width compared to FIR-ﬁlters[30], and
as they allow the full ensemble length to be used after clutter rejection. The frequency
response of polynomial regression ﬁlters varies with both ensemble length and clutter
space dimension, so to make the stopband comparable, cases of longer ensembles were
ﬁltered using a higher clutter space dimension. The -3 dB cut-oﬀ velocity varied from
1.5 cm/s for ensemble length 50 and polynomial order 3, to 6.7 cm/s for ensemble length
8 and order 2. The frequency responses of the polynomial regression ﬁlters used in
this work are found in Figure 5.3. In cases where the mean velocity is compared to
retrospective PW Doppler spectra, the PW spectra are obtained by separate post-
processing including clutter rejection by use of a FIR ﬁlter of order 8, with a -3 dB
cut-oﬀ at 5.4 cm/s. This was done to avoid frequency distortions in the transition
region[31].
5.2.5 Spectral estimation
Peak systolic velocity is not estimated using mean frequency estimation, but rather
from the full PW Doppler spectrum. The autocorrelation estimates may have a bias
due to clutter ﬁltering or spatial averaging, so in addition to the need of velocity
spectra in PSV measurements, it may be useful to compare autocorrelation estimates
to velocity spectra generated retrospectively. Retrospective PW Doppler spectra from
blood were obtained using a Hamming weighted periodogram approach with a window
length equal to the packet size.
In the case of tissue velocity estimation, where the velocities are much lower
than for blood ﬂow, autocorrelation of lag 4 and temporal averaging was applied
to reduce the variance in phase shift estimates, reducing the eﬀective slow time PRF
to 1 kHz and the ensemble length to 13. Due to poor spectral resolution at these
small ensemble lengths, the periodogram approach was replaced by the power Capon
spectral estimation technique[32], given by
PˆPSC(ω) =
1
aH(ω)Rˆ
−1
x a(ω)
, (5.2)
where a(ω) = [1 eiω · · · ei(N−1)ω]T and Rˆx is an estimate of the signal covariance
matrix, here based on an averaging area of 1× 1mm.
5.3 Results
5.3.1 Simulations
Focused vs Unfocused transmit
The simulations of ﬂow in a straight tube showed an increased sidelobe level in the
unfocused image, present at≈ -25 dB, which resulted in poor contrast compared to that
99
5.3. Results
-45
-40
-35
-30
-25
-20
-15
-10
-5
0 Edge. Beam-to-flow 70 deg
Middle. Beam-to-flow 50 deg
Edge. Beam-to-flow 50 deg
-45
-40
-35
-30
-25
-20
-15
-10
-5
0
0.30.15 0 0.15 0.30.15 0 0.15
[m/s] [m/s]
[d
B]
[d
B]
Unfocused
Focused
True velocity 
Middle. Beam-to-flow 70 deg
Figure 5.4: The ﬁgure shows velocity spectra and autocorrelation estimates (vertical
lines) from simulations of parabolic ﬂow in a straight tube. The two upper panels
show velocity estimates from the upper edge of the tube (see Fig. 5.2), whereas the
two lower panels show velocity estimates from the middle of the tube. The true axial
velocity is indicated as a solid gray line for comparison.
found in the corresponding focused image. However, as shown in Fig. 5.4, the velocity
estimates found from autocorrelation were almost identical in both situations. In the
unfocused case, the sidelobes originating from scatterers of higher velocity contributed
to an increase in the spectral width in the low velocity region close to the edge. Still,
the autocorrelation estimate was not signiﬁcantly aﬀected, and the estimated velocities
corresponded well to the ground truth both in the focused and the unfocused case.
In the high velocity region, the autocorrelation estimates from focused and unfocused
transmit were again very similar, and both underestimated the maximal velocity with
approximately 15% at the lowest beam-to-ﬂow angle.
Simulations of complex ﬂow
The reference CFD velocity ﬁeld at one instant in the cardiac cycle (systolic
deceleration) is shown in the top panel of Fig. 5.5. The velocity vectors are overlaid
an image of the axial velocities corresponding to those obtained from a one angle
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(a) Ground truth from CFD
(b) Packet size 50
(c) Packet size 12
Figure 5.5: Results from simulations of ﬂow in a carotid artery bifurcation,
showing the increased robustness of the high ensemble vector velocity estimates.
The illustrated frame is within systolic deceleration, where complex ﬂow patterns
are present, including swirling ﬂow.
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Figure 5.6: Root mean square deviation between estimated and true velocities in the
carotid bifurcation simulations for diﬀerent ensemble sizes. While the z-component is
relatively accurate already at size 20, the x-component has a steady improvement
when increasing from size 20 to 50.
(+10◦) color ﬂow image. The subsequent panels show simulated color ﬂow images
and estimated vector velocity ﬁelds using packet size 50 and 12 and clutter rejection
ﬁlters of polynomial order 3 and 2 respectively. Visual inspection gives the impression
that the larger ensemble acquisition provides a more correct depiction of the ﬂow
ﬁeld, displaying more of the low velocities present in the swirling ﬂow region and the
bifurcation region where the beam to ﬂow angle is near normal. Due to the slower
rise of the lower order clutter ﬁlter the velocities also tend to be overestimated when
small ensemble lengths are used. Scatterplots of the estimated versus the reference
velocity components are found in the left panels of Fig. 5.7 for packet sizes 12 and 50.
Calculation of the root mean square (RMS) deviation between the reference velocities
and the velocity estimates was done for ensembles ranging from 8 to 50, with results
shown in Fig. 5.6. Velocities from all spatial positions are included. A large reduction
in RMS deviation is obtained by increasing the ensemble size, resulting in acceptable
errors in both components. The RMS deviation drops from about 27 cm/s to 6 cm/s
for vx, and from 7 cm/s to 2 cm/s for vz.
Slow rotating ﬂow
The right panels of Fig. 5.7 show scatter plots of estimated versus true velocities in
the slowly rotating cylindrical phantom. Velocities in the region 0.3 cm≤ r≤ 0.9 cm
were included in the analysis, as well as estimates from all possible angles relative to
the transmit directions (0–2π). The maximal measurable velocity was 2.7 cm/s, and
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Figure 5.7: Left: Scatter plots showing estimated versus true velocity for packet size
12 (top) and packet size 50 (bottom). Right: Scatter plots showing estimated versus
true velocity from slowly rotating cylinder simulations. All imaging parameters were
equal in the two simulation types.
no clutter ﬁlter was applied. The RMS deviations were 4.4mm/s and 1.6mm/s for
the x- and z-components respectively.
5.3.2 In vivo imaging
Vector ﬂow imaging
Fig. 5.8(a) shows systolic ﬂow in the carotid bifurcation of a healthy volunteer. The B-
mode image is compounded from 43 angled plane waves, whereas the color ﬂow image
and the overlaid vector velocity estimates are generated from autocorrelation estimates
using ensembles of 12 and 50 for the top and lower panel respectively. Although the
frame is from systole with relatively high velocities, there are some dropouts close to
the vessel walls and regions of erroneous velocity estimates in the small ensemble case,
whereas the large ensemble case displays a higher robustness. In this example, the
velocity proﬁle in the common and external carotid is relatively ﬂat and symmetrical
without any retrograde ﬂow during the cardiac cycle. The carotid bulb displays ﬂow
separation, with higher velocities towards the ﬂow divider and swirling/retrograde
ﬂow on the opposite side, corresponding well with what is expected in a healthy
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(a) Packet size 12, in systole
(b) Packet size 50, in systole
Figure 5.8: Blood ﬂow in the bifurcation of a healthy volunteer in systolic
acceleration. Vector velocities are overlaid the color ﬂow image from one imaging
angle.
104
Chapter 5. Plane wave vector Doppler imaging
(a) Packet size 12, in diastole
(b) Packet size 50, in diastole
Figure 5.9: Blood ﬂow in the bifurcation of a healthy volunteer in diastole. In the
short ensemble case, the low velocities cause large dropout regions and regions with
highly overestimated velocities.
105
5.3. Results
0.2
0.6
Upper
Lower
Ve
lo
ci
ty
 [m
/s
]
125 ms
Figure 5.10: The top panel shows the temporal development of the velocity proﬁle
at the common carotid artery outlet (leftmost in Fig. 5.8 and 5.9). Also shown is the
average velocity magnitude (bottom panel) at the same location.
carotid bifurcation[33]. A more illustrative depiction of the velocity proﬁle at the
outlet of the common carotid artery (the left side of the image) can be seen in the
top panel of Fig. 5.10, based on an ensemble length of 50. The lower panel shows
the temporal development of the mean velocity over the cross section. In diastole,
(Fig. 5.9) the extended velocity range gained by using large ensemble lengths can be
readily appreciated. The small ensemble case (Fig. 5.9(a)) is unable to reproduce the
ﬂow ﬁeld due to the low velocities and the higher clutter ﬁlter cutoﬀ, whereas the
direction of ﬂow is well depicted in the large ensemble case (Fig. 5.9(b)).
Patient feasibility study
In the on-going carotid patient feasibility study, the combined imaging modality
under investigation is compared to a conventional focused acquisition using a high
end ultrasound scanner (Vivid E9, GE Vingmed Ultrasound, Horten, Norway). In
Fig. 5.11, ﬂow in the internal carotid artery of a patient with double sided stenosis is
shown alongside an image from a conventional acquisition in the same patient. In this
case a slightly higher transmit frequency is used in the conventional acquisition, as
well as other image enhancement techniques which gives an improved B-mode image
quality over the plane wave compound image. However, it can be seen that the plane
wave color ﬂow image is comparable to the focused one, with a signal-to-noise ratio
suﬃciently high to produce robust vector Doppler estimates. As ensembles of length
50 is available for all points in the image at all times, retrospective PW Doppler
spectra could be generated from the vector Doppler data at 63 frames per second.
Fig. 5.12 shows retrospective PW Doppler from the region indicated by a yellow
square, compared to regular PW Doppler using the Vivid E9 system. The spectral
quality in terms of velocity resolution and contrast is comparable, but the frame rate
in the retrospective example is lower than typically used in PW Doppler. For the
conventional spectrogram, manual angle correction is used, while the retrospective
spectrum is automatically corrected using the velocity direction estimated from vector
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Figure 5.11: Results from a 71 year old patient (BMI 28) with double sided stenosis
in the internal carotid artery. The right panel shows an image captured during the
regular examination of the patient. The yellow markers indicate region of interest for
PW Doppler measurement of peak systolic velocity. The left panel shows the vector
velocities in a systolic frame from the same patient, using data from the acquisition
scheme under investigation. The yellow rectangle indicates the region of interest for
retrospective PW Doppler.
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Figure 5.12: A comparison of conventional PWDoppler with manual angle correction
(right) and retrospective PW Doppler with automatic angle correction (left) from the
ROIs indicated in Fig.5.11. The velocity magnitude trace from vector Doppler is
overlaid the spectrum in the panel to the left, showing good correspondence between
the estimated velocity magnitude and the velocity spectrum.
Doppler. The estimated velocity magnitude is also shown for comparison.
Tissue vector velocity imaging
As in simulations, acquired large ensemble data could also be used to extract
information about the vector velocity in the tissue. In this case no clutter ﬁlter
was applied, and autocorrelation of lag 4 corresponding to a new PRF of 1 kHz was
performed, giving an ensemble length of 13. Fig. 5.13 shows the tissue vector velocities
at two instances in the cardiac cycle; in systolic acceleration and late diastole. In
systole the velocity was mainly in the radial direction, whereas in diastole lateral
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movement was clearly present. Traces of the velocity magnitude in the upper and
lower wall in the middle of the bifurcation region of Fig. 5.8 are shown in the top
panel of Figure 5.14, whereas the lower panel shows the estimated velocity directions in
degrees relative to the transducer normal. 180◦ correspond to movement in a direction
directly towards the transducer, 90◦ corresponds to horizontal movement, while 0◦
correspond to movement directly away from the transducer. The maximum velocity
at this location was 8mm/s, found in the upper wall. At this point in the cardiac cycle
the motion was mainly in the radial direction, and the estimated velocity directions at
the upper and lower wall were separated by approximately 165◦. A velocity spectrum
from the upper wall of the carotid bifurcation in a healthy volunteer is shown in
Fig. 5.15 together with the corresponding autocorrelation estimate, conﬁrming the
accuracy of the approach for tissue velocity estimation.
5.4 Discussion
In this work the robustness of plane wave vector Doppler imaging has been investigated
using both simulations, recordings of healthy volunteers, and patients with carotid
artery disease. Vector velocity imaging using the autocorrelation estimator and
triangulation was chosen as the technique has been shown to be robust even in
cases of poor signal-to-noise ratio[34] and as it has low computational complexity.
Robust velocity estimation was important as plane wave imaging suﬀers from decreased
penetration depth and a higher side lobe level compared to focused imaging. Single
plane wave imaging can provide suﬃcient contrast and resolution for Doppler, where
the limited SNR leads to less apparent side lobe levels, but this is not the case for
B-mode imaging. Based on the quality requirements in B-mode imaging, duplex
acquisition was chosen.
The comparison of focused and unfocused Doppler estimates showed good
correspondence between the autocorrelation estimates, although increased spectral
broadening was present in the unfocused case due to larger sidelobes. The
underestimation in the autocorrelation estimates in the case of high velocity and a 50◦
beam-to-ﬂow angle was probably due to the misalignment between the ﬂow direction in
the tube and the sample volume. Such misalignment results in an increased inﬂuence
by scatterers of lower velocity compared to the 70◦ case, where the sample volume and
the ﬂow direction were more parallel. The underestimation was equal in the unfocused
and focused case.
Ultrasound simulations with a realistic and known velocity ﬁeld from computa-
tional ﬂuid dynamics were used to assess the accuracy of the vector velocity estimates.
As expected, RMS deviation was reduced with increasing packet size. Estimates of
both velocity components (vx and vz) were signiﬁcantly improved when increasing the
ensemble length from 8 to 20. However, increasing the ensemble size further mostly
aﬀected the vx estimation, with a continued, but slow decrease in RMS deviation.
From the curve in Fig. 5.6, the accuracy seems to converge in a region not far from
an ensemble length of 50, indicating that there is little beneﬁt from increasing the
ensemble (or window) length even more at this PRF. After all, a packet size of 50
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(a) In systole
(b) In diastole
(c) Velocity trace, CCA
Figure 5.13: The upper panel shows the tissue vector velocities in the acceleration
part of systole, while the middle panel shows the vector velocities in diastole. The
lower panel shows the absolute blood velocity estimated using vector Doppler at the
outlet of the common carotid artery, with indications of the timepoints used in the
panels above.
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Figure 5.14: The upper panel shows the velocity magnitude in upper and lower wall
of the common carotid artery depicted in Fig 5.13. The two timepoints in Fig. 5.13 are
indicated with vertical lines. The lower panel shows the tissue velocity direction as the
angle in degrees relative to the vertical direction (normal to the transducer surface).
The direction is also indicated by arrows next to the corresponding angles.
Figure 5.15: Tissue velocity spectrum from upper wall shown in Fig. 5.8 and Fig. 5.9.
Velocities are not angle corrected, as the velocity direction changes throughout the
cardiac cycle, shown in Fig. 5.14. The axial velocity estimate from autocorrelation is
overlaid for comparison. Dynamic range 30 dB.
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corresponds to 12.5ms at a pulse repetition frequency of 4 kHz, a temporal window
where the ﬂow might change signiﬁcantly.
We have demonstrated that robust vector Doppler estimates in a large region
of interest could be achieved in a duplex context, with an acceptable frame rate of
63Hz. The frame rate in vivo was limited due to the number of B-mode compound
angles and the Doppler PRF. The maximum angle of ±7.2◦ and 43 compound
angles gave a spatial resolution and contrast corresponding to focused imaging with
a transmit F-number of 4[25]. However, if 30 transmissions were used for B-mode at
12 kHz, and 30 transmissions were used for Doppler at 4 kHz, a modality including
both B-mode, vector Doppler and retrospective PW Doppler at a frame rate of
100Hz is achievable, where the B-mode image contrast only needs to be slightly
compromised[25]. Another option is to interleave focused B-mode transmissions with
plane wave Doppler transmissions on the expense of a reduced B-mode frame rate. This
can provide good temporal resolution for PW- and vector Doppler imaging in addition
to good spatial resolution and contrast in the B-mode image. As the movements
in tissue are of a slower nature than blood ﬂow, a lower B-mode frame rate can be
accepted.
The increased robustness in vector Doppler estimates with increasing ensemble
length can partly be attributed to the properties of the clutter ﬁlters, as they,
depending on how much signal is removed, may introduce bias in the autocorrelation
estimates. As the SNR after high pass ﬁltering decreases, the phase estimate from
autocorrelation will approach the phase estimate of high pass ﬁltered white noise. In
the context of vector Doppler, the resulting alternatives are too high velocity estimates
pointing at random angles, or dropout regions due to segmentation algorithms. For
diastolic ﬂow the dropout regions may be large, as may be the case for ﬂow close to
the vessel wall. By using large ensemble imaging, desirable ﬁlter properties can be
obtained by most common clutter ﬁlter designs, but an additional variance reduction
is achievable when using polynomial regression ﬁlters, as more temporal samples
are available for averaging. In result, angle-independent velocity estimates can be
achieved with a wide measurable velocity span, including both systolic and diastolic
ﬂow velocities, and complex secondary ﬂow patterns.
Low blood velocities perpendicular to either of the tilted beams are still a challenge.
One potential application where this may apply is wall shear stress estimation, where
very low velocities along the vessel wall needs to be estimated. One solution could
be using more than two imaging angles. However, by increasing the number of
transmit angles further, limitations from lowered PRFs or increased heating eﬀects
will be encountered. One could also increase the number of receive angles during
beamforming. At some compromise in the separation angle between the estimates
used in triangulation and increased computational cost per frame, the two-way Doppler
angle might be varied to ensure at least two valid Doppler estimates.
One of the aims of this study was to see whether also tissue velocities could be
extracted from the same vector Doppler acquisition scheme. Simulations of slowly
rotating ﬂow and recordings in healthy volunteers indicated that tissue vector Doppler
was indeed possible. However, when comparing the accuracy found from simulations
with velocity estimates found in vivo, it seems the diastolic velocities are comparable
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to the RMS error. On the other hand, the tissue velocity spectra and autocorrelation
estimates are convincing in their correspondence, and indicate that the velocity
magnitude is correctly identiﬁed. One explanation of the seeming discrepancy could be
that the obtained accuracy from simulations includes velocities from all possible angles
with the transmit/receive beam direction. This will give a lower accuracy than what
would be the case in a situation with a more optimal beam-to-ﬂow angle. Another,
and probably more important, diﬀerence is that the velocity in the vessel wall was
more uniform than in the cylindrical phantom. Due to the large side lobes of the
point spread function, neighbouring voxels will have a larger inﬂuence on the RMS
error in the cylindrical phantom where a velocity gradient was present, than in the
more uniform movement of the tissue in vivo. However, further investigations in the
accuracy of tissue velocity imaging should be done using more realistic simulations of
vessel wall movement through the cardiac cycle, similar to what was done in the ﬂow
simulations.
Potential applications of tissue vector velocity estimation may be angle independent
strain/strain rate imaging, estimation of pulse wave velocity (PWV) and distensibility
or compliance measurements, all of which quantify important parameters in
developing atherosclerosis. A method for simultaneous imaging of blood ﬂow
and artery-wall strain has been suggested earlier by Hasegawa et al.[18], where
translational motion was removed before estimation of the strain induced phase shifts.
Distensibility measures can be obtained from displacement estimates, but if the regular
autocorrelation technique is used with wide band pulses, the displacement estimates
may be biased by shifts in the RF center frequency. In this respect, Rabben et al.[35]
has shown that the modiﬁed autocorrelation technique[36] provides displacement
estimates with improved accuracy over the conventional autocorrelation approach.
An investigation of wall tracking and derivation of other measures from the acquired
velocity data was not in the scope of this work, but will be a focus for further study.
The large ensemble length enabled us to compare retrospective PW spectra
with automatic angle correction to that of the manually corrected conventional PW
spectrum. As seen in the example of Fig. 5.12 the conventional and retrospective
spectra corresponded well, and the velocity magnitude trace from the autocorrelation
method indicated that also the color ﬂow estimates had a good correspondence to
the actual velocities present. In general, as some underestimation of high velocities is
expected due to spatial averaging, it is beneﬁcial to have the PW spectrum available for
comparison, and also for measuring quantitative parameters such as the peak systolic
velocity. In the patient case shown (Fig. 5.11), the manually set correction angle
was close to that of the vector Doppler estimate (approximately 65◦ with the vertical
direction). However, by moving slightly upstream or downstream of the stenosis, or
more generally in the vicinity of bifurcations or bulbs, the ﬂow angle changes in a
manner which may not be captured by the user during a conventional examination.
Small changes in the correction angle may give large variation in estimated peak
velocity, and manual correction only works well if the ﬂow is laminar and parallel
to the vessel. Given that the vector Doppler estimates actually provide a better
estimate than the manually suggested one, the method may improve estimates and
reduce intra-observer variability of important measures in carotid patients such as
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peak systolic velocity. On the other hand, retrospective PW Doppler is limited to
using the plane wave steering angles, and in cases where the blood ﬂow is near normal
to either beam axis, both angles will provide relatively poor velocity spectra. This
will give a varying spectral quality throughout the artery as the geometry changes and
may hamper comparison at diﬀerent arterial locations.
The Doppler ensemble length could be decreased to achieve a higher frame
rate. A packet size of 20-30 will still improve the velocity estimation in the
lateral direction substantially as compared to conventional ensemble lengths, but the
shortened ensemble will impact the quality of the velocity spectrum. It may then be
beneﬁcial to use other methods than the periodogram for spectral estimation. The
Capon and APES techniques have for instance been investigated for short Doppler
ensembles[37, 38], where it has been demonstrated that high spectral resolution can
be achieved for short ensembles due to the adaptive properties of the estimators.
A continuous acquisition could be an option where the packet size is no longer
a limitation. However, there are some drawbacks to the continuous approach:
One alternative is to use the same data for B-mode and Doppler. In addition to
compromises in transmit frequency and pulse lengths, this will lead to a low available
Doppler PRF, or too few transmits per frame to ensure suﬃcient contrast in the
B-mode image. Another alternative is to interleave B-mode and Doppler transmits,
but this may lead to problems with motion artifacts in the B-mode image as the
maximum imaging PRF is limited by surface heating, and in this alternative it must
be divided between B-mode and Doppler transmits. An approach where focused B-
mode imaging is interleaved with plane wave Doppler imaging is also an option, either
using continuous acquisition or a packet acquisition with B-mode interleave groups.
Future work will study more closely how to optimize the acquisition in terms of image
quality and frame rate, and how to interleave the B-mode and Doppler transmissions
for an increased frame rate with acceptable B-mode image quality and vector Doppler
estimates.
5.5 Conclusion
A robust vector Doppler modality could be obtained by utilizing tilted plane waves and
parallel receive beamforming. This was achieved while maintaining a suﬃcient B-mode
quality by adopting a packet based acquisition scheme with a separate setup for each
modality. The high acquisition rate still allowed for large ensemble lengths (N=50)
at acceptable frame rates (63 fps), resulting in improved quantitative properties over
a wide velocity span. Further, the increased observation time also allowed for the
simultaneous estimation of arterial tissue velocities. Simulation results showed a
substantial decrease in root mean square deviation for increasing ensemble lengths, in
particular for the lateral velocity component. This observation was conﬁrmed in vivo,
both in healthy volunteers and in patients with carotid artery disease. Retrospective
PW Doppler was also demonstrated based on the proposed acquisition setup, with the
beneﬁt of automatic angle-correction from vector Doppler. All together, the proposed
approach may provide more eﬃcient clinical tools for conventional vascular imaging,
113
5.5. Conclusion
as well as quantitative information for research into new markers for cardiovascular
diagnosis.
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Combined vector velocity and
spectral Doppler imaging of
complex blood ﬂow in the
carotid arteries
Ingvild Kinn Ekroll1, Torbjørn Dahl1,2, Hans Torp1, and Lasse Løvstakken1
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2 St. Olavs Hospital, Trondheim, Norway
Color ﬂow imaging and Pulsed Wave Doppler are important diagnostic
tools during examination of patients with carotid artery disease. However,
measurement of the true peak systolic velocity is dependent on sample
volume placement and the operator’s ability to provide an educated guess
of the ﬂow direction. Utilizing plane wave transmissions and a duplex
imaging scheme, we demonstrate an all-in-one modality which provides both
vector velocity and spectral Doppler imaging, in addition to separate B-
mode images of suﬃcient quality. The combined information was used to
provide automatically calibrated (angle-corrected) PW Doppler spectra at
every image point. It was also demonstrated that the combined information
can be used to generate spatial maps of the peak systolic velocity, highlighting
regions of high velocity and the extent of the stenotic region. The modality
was tested in a small group (N=12) of patients with carotid artery disease,
and successful images could be obtained from all patients, having a span in
BMI of 21 to 31, and carotid depth spanning from 16 to 28mm.
6.1 Introduction
Imaging of the carotid arteries is of special interest as they are responsible for 20%
of all strokes of thromboembolic origin[1]. Situated at shallow depths, they are also
well suited for ultrasound imaging. Through local manifestations of cardiovascular
disease (CVD), the carotid arteries may not only provide information on developing
atherosclerosis in that particular region, but also predict coronary artery disease
events[2]. Nevertheless, in clinical practice, the use of ultrasound in relation to carotid
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artery disease is mostly limited to grading of plaque stenosis. Utilizing B-mode and
Color Flow Imaging (CFI) for navigation, the estimated peak systolic velocity (PSV)
is measured from the Pulsed Wave (PW) Doppler spectrogram.
Doppler ultrasound is angle dependent, as only the velocity component parallel to
the beam direction is measured. The quantitative use of CFI, where the mean velocity
in a region of interest is displayed, is therefore limited, and in conventional ultrasound
systems, the true velocity magnitude can only be estimated in single sample volumes
using PW-Doppler and manual angle correction. Based on the maximum velocity
in systole, an estimate of the degree of stenosis is found, which is further used as a
selection criterion for carotid endarterectomy[3]. This estimate is highly dependent
on the placement of the sample volume and the operator’s ability to perform correct
angle correction of the velocity spectrum. In complex geometries or stenosed regions
where the stream lines diﬀer from the vessel course, operator dependent errors may
give large deviations from the actual peak velocity[4, 5], hampering patient follow-up
and multi-center studies.
Vector velocity imaging, where the 2D or 3D velocity magnitude and direction is
estimated, has been investigated for several years[6–9]. Such a modality could provide
a more quantitative blood ﬂow imaging technique, as the angle dependency of color
Doppler is overcome. However, until recently, the robustness, frame rate and/or size
of the image region have been limited, and the method has not yet reached clinical
practice.
As a consequence of recent technology advances, high frame rates can be
maintained while increasing the information content per ultrasound image. Using
plane wave transmissions, each pulse covers a broad spatial region, and parallel
beamforming[10] may be used to form multiple image lines or even a full image for
every transmitted ultrasound pulse. By utilizing these techniques, vector velocity
imaging may be realized with improved robustness and temporal resolution[11, 12, 17].
Available 2D velocity information could for instance be used to locate ﬂow patterns
known to enhance plaque formation[13] or to assess wall shear stress. In particular,
it could be used to improve accuracy and reproducibility in grading of stenoses by
providing automatic estimates of ﬂow direction, reducing inter-observer variability in
measurements of peak systolic velocity[14, 15].
Given the opportunities enabled by plane wave imaging techniques, we developed
an all-in-one modality for imaging of blood ﬂow in the carotid arteries. A duplex
acquisition scheme is applied, providing 2D vector velocity blood ﬂow images, in
addition to separate B-mode images of suﬃcient quality. Further, PW Doppler spectra
may be generated from arbitrary image points[16]. Automation of the clinical protocol
with respect to measurements of the peak systolic velocity is demonstrated, utilizing
vector Doppler to automatically calibrate the velocity spectra for all image points
simultaneously.
Due to limitations in penetration compared to transmission of focused ultrasound
beams, it is not clear whether the plane wave techniques will work robustly in a diverse
patient group. Both carotid depth and surrounding tissue calciﬁcations will vary from
patient to patient, potentially providing an insuﬃcient signal-to-noise ratio (SNR). To
investigate whether plane wave imaging presents disadvantages which makes imaging
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Figure 6.1: An illustration of the diﬀerence between focused and plane wave
transmission. Using focused transmission, only one receive beam is normally generated
per transmit beam, while multiple receive beams may be generated in the plane wave
case.
of patients with carotid artery disease unfeasible in practice, the modality was applied
in a small (N = 12) patient population.
6.2 Methods
Plane wave imaging
Plane wave imaging (PWI), where unfocused ultrasound beams are transmitted instead
of focused beams, may be used to increase the acquisition rate in ultrasound imaging.
As illustrated in Fig. 6.1, a broader region of interest is insoniﬁed for every pulse
transmission, enabling several parallel beams to be generated on receive. The concept
has previously been utilized both in elastography[17] and blood ﬂow imaging[11, 16,
18]. The main disadvantage of PWI is the reduced penetration due to lack of focusing,
as well as decreased contrast and lateral resolution. Although coherent compounding,
where beamformed images from several plane wave transmit angles are coherently
combined, has been shown to restore these properties[19], a relatively high number
of transmissions are needed to provide an image quality comparable to the optimal
multifocus image[19]. In Doppler imaging, however, the dynamic range is lower than
in B-mode, and the side lobe level is less critical. Thus, plane wave imaging might
be used directly (without compounding), to increase the frame rate and ensembles
in color ﬂow imaging. Further, these beneﬁts may be used to improve robustness of
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Figure 6.2: A schematic of the imaging scheme, from acquisition of B-mode and
Doppler channel data through the diﬀerent processing steps. At the end of the
processing chain, B-mode and vector Doppler images are available, in addition to
calibrated PW Doppler spectra in every image point.
existing vector Doppler techniques.
A duplex acquisition scheme was chosen, where parameters for Doppler and B-mode
imaging could be optimized separately. Patients were imaged using both a high end
ultrasound system (Vivid E9, GE Vingmed, Horten, Norway) and a research system
(Sonix MDP, Ultrasonix, Richmond, BC, Canada), where the latter system had the
all-in-one acquisition implemented (beamforming and display was done oﬄine). One
image per transmitted pulse could be acquired using the research system, while the
high end system had more limited parallel receive capability. However, only one data
set could be acquired per patient using the Ultrasonix system, due to a long data
transfer time and the limited memory of the DAQ. The high end system was therefore
included to enable comparison between regular and plane wave imaging.
Imaging schemes
Research system schemes
Two imaging schemes were implemented in the research system; one using plane wave
transmissions both for B-mode and Doppler (plane wave scheme) and one using focused
B-mode interleaved with plane wave Doppler (combined scheme). The acquisition
setups were implemented on a Sonix MDP ultrasound system using the development
toolkit Texo which allows custom transmit sequences to be created. A Sonix DAQ
(Ultrasonix, Richmond, BC, Canada) was used for channel data acquisition.
The plane wave scheme consisted of a plane wave coherent compounding sequence
for B-mode, with 41 angles in the interval −7.4◦ ≤ α ≤ 7.4◦, corresponding to a
transmit F-number of 4[19], and a vector Doppler sequence using two angled plane
waves of θ = ±10◦, giving in total 41 + 2×50 transmit events per duplex frame,
yielding a frame rate of 63Hz with the given imaging PRFs.
The combined scheme consisted of 4 B-mode interleave groups, each of 32 image
lines using an F# = 2, interrupted by 2×50 Doppler transmissions using θ = ±10◦.
In this scheme, the frame rate of vector Doppler was 66Hz, while the duplex frame
rate was 16Hz, due to the interleaved acquisition of a full B-mode image. In both
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Table 6.1: Safety measurements, research system
Settings 1 2 3
TxFreq [MHz] f0 5 6.7 6.7
Nr of elements 128 128 26
Cycles@f0 2.5 1.5 1
Focal depth [mm] ∞ ∞ 19
PRF [kHz] 12 15 12
Drive voltage [Vpp] 56 68 83
Acoustics FDA
MI 0.4 0.3 0.8 1.9
Ispta [mW/cm2] 124 63 451 720
Temperature FDA
ΔTair [
◦C] 23 18.3 1.8 27
ΔTphantom [
◦C] 6.5 9.1 0.8 10
schemes the channel RF data was IQ-demodulated and low-pass ﬁltered to reduce the
noise bandwidth, and beamformed using a Hamming window over the active receive
aperture.
The imaging schemes applied were within the guidelines from the US Food and
Drug Administration (FDA), and a summary of acoustical and thermal measurements
performed using maximal PRF for a given setup is found in Table 6.1. Whereas the
limits for MI and Ispta are well below FDA limits, the maximum PRF applicable for
a certain pulse shape is limited by surface heating.
High end alternative schemes
The Vivid E9 system was set up (following the guidelines of FDA) to include imaging
schemes utilizing plane wave transmission and 16 parallel receive beams. The limited
number of parallel receive beams meant that several transmissions were needed to
cover a full image sector. The ensemble length in the color ﬂow applications was
12. Imaging was performed using 1) Conventional B-mode and conventional CFI, 2)
Conventional B-mode and plane wave CFI, 3) Plane wave B-mode and plane wave CFI.
The alternative imaging schemes included in the Vivid E9 enabled direct comparison
of diﬀerent acquisition schemes from one imaging plane in the same patient.
6.2.1 Vector Doppler estimation
The velocity vector components were obtained in the whole image region simultane-
ously by combining overlapping Doppler measurements from two directions as given
in (1) [20]
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vx =− c
4 f0 sin(θ)
(fˆ1 − fˆ2)
vz =− c
4 f0 cos(θ)
(fˆ1 + fˆ2),
(6.1)
where the separation angle between the two transmit/receive directions is 2θ, c is the
speed of sound, f0 is the pulse center frequency and fˆ1, fˆ2 are the Doppler frequencies
estimated from the IQ data based on the temporal autocorrelation function with lag
one; fˆ =  (Rˆ(1))/2π×PRF [21, 22]. Spatial averaging of the autocorrelation estimate
over an area of approximately 1× 1mm was used to further improve the estimates.
Blood pool segmentation was done based on the signal power after wall ﬁltering and
the B-mode image intensity. Using ensembles of 50, a 3. order polynomial regression
ﬁlter was used, giving a -3 dB cutoﬀ at 1.5 cm/s. Similar stop-band characteristics
achieved for smaller ensembles of length 16, gave a -3 dB cutoﬀ at 3.3 cm/s.
Based on user preference, color ﬂow images or velocity magnitude could be shown
in supplement to the vector velocity arrows. Examples of both visualization techniques
will be provided.
6.2.2 Spectral Doppler estimation and calibration
Acquiring Doppler ensembles of length 50 enabled velocity spectra to be calculated
using the conventional periodogram approach. Due to the simultaneous acquisition of
large ensembles in every image point, also spatial spectral proﬁles showing the variation
of the velocity within a region of interest at a certain time may be produced[16]. The
periodogram has the following estimate of the power at the Doppler frequency ω
Pˆ (ω) =
1
RB
R−1∑
r=0
B−1∑
b=0
∣∣∣∣∣
N−1∑
n=0
w(n)xr,b(n)e
−iωn
∣∣∣∣∣
2
.
xr,b(n) is the IQ signal from a (range,beam) pair in slow time, w(n) is a smooth window
function, R is the number of range samples, B is the number of receive beams and N
is the ensemble length. In this work, a Hamming window was applied and spectral
averaging was done in a 1× 1mm region of interest.
Adaptive spectral estimation was also used. Advantages of adaptive spectral
estimation techniques include increased velocity resolution for equal observation time
and increased suppression of noise. Additionally, the velocity resolution can be kept
comparable to that of the conventional approach for shorter observation times [23, 24].
This latter advantage can be used to produce multiple velocity spectra per Doppler
ensemble, by subdividing ensembles in shorter observation windows and estimating
e.g. twice the number of timepoints as provided by the conventional approach.
The adaptive Capon technique has the following estimate of the power at the
Doppler frequency ω [25]
PˆPSC(ω) =
1
aH(ω)Rˆ
−1
x a(ω)
,
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where a(ω) = [1 eiω · · · ei(N−1)ω]T and Rˆx is an estimate of the signal covariance
matrix, here produced from an averaging area of 1× 1mm.
Calibration of PW Doppler spectrograms was done automatically by shifting the
baseline and correcting the velocity scale according to the angle estimated from vector
Doppler at the speciﬁc location. Baselineshift was performed by, based on a predeﬁned
set of possible shift values, selecting the one resulting in lowest standard deviation as
calculated from the baseline-shifted spectrum. A simple algorithm was chosen to trace
the spectral envelope, based on the mean and standard deviation of the baseline-shifted
frequency power spectrum above a certain threshold value (-25 dB). I.e.
fmax = fmean ± 3 fstd, (6.2)
where the sign (±) is dependent on the sign of the baselineshift.
Finally, the peak systolic velocity was found automatically from the traces using an
algorithm ﬁnding the maximum (or minimum) value after the sharpest rise in velocity.
6.2.3 Patient population
12 patients were recruited from the outpatient vascular clinic (median age 61, min/max
42/77; 7 men, 5 women), and imaging using the new ultrasound modality was
performed after the regular patient examination. The protocol was approved by the
Norwegian Regional Committee for Medical and Health Research Ethics, and written
informed consent was obtained from all participants.
6.3 Results
6.3.1 Patient material
Fig. 6.3 shows duplex images acquired during patient examination using a high end
ultrasound system (Vivid E9, GE Vingmed Ultrasound, Horten, Norway). The three
previously described setups are compared in the ﬁgure, and a loss in contrast and
resolution can be seen in the downmost B-mode image where plane wave transmission
was used. However, utilizing plane wave imaging resulted in a marked increase in frame
rate, illustrated by the ﬂow velocity curves in the right part of Fig. 6.3, providing new
opportunities to follow rapid ﬂow changes.
As will be demonstrated in the following, successful vector velocity images at a
frame rate of 63–66 fps could be obtained using the research scanner in patients with
a BMI span of 21 to 31 (carotid depth spanning from 16 to 28mm). The span in BMI
and carotid depth indicates that a range of diﬀerent patients may be imaged using
plane wave transmissions.
6.3.2 Flow visualization and quantiﬁcation
Fig. 6.4 shows color ﬂow images and vector velocity estimates obtained using
conventional and large ensemble length imaging. The ﬁgure illustrate the increased
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Figure 6.3: Images from the Vivid E9 scanner. The conventional carotid application
is shown on top, utilizing focused B-mode (two tx foci) and focused CFI. The middle
panel has single focus B-mode and plane wave CFI, whereas the lower panel has plane
wave B-mode and plane wave CFI. A marked decrease in resolution and contrast is
observed in the plane wave B-mode image. PWE = Plane Wave Emission.
information content obtained by using large ensemble length, plane wave vector
Doppler imaging. As shown in the color ﬂow images from conventional (top panel) and
large (middle panel) ensembles, clear beneﬁts were obtained in the large ensemble case.
In diastole, the Doppler shifts from both transmission angles were very low because of
near transversal and partly out-of-plane ﬂow. However, due to the improved wall ﬁlter
properties, there were no dropouts in the large ensemble case. On the other hand, when
using an ensemble length of 16, the blood pool area was reduced, containing dropouts
both in the middle of the vessel and in the near-wall region.
As further seen in the lower panel of Fig. 6.4, the addition of vector velocity
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information to the color ﬂow image resulted in a better understanding of the blood
ﬂow in the imaging plane. Even though this patient had no visible plaques, disturbed
(non-laminar) ﬂow was clearly present in early diastole.
Fig. 6.5 provides another example of complex ﬂow which could not be perceived
using regular color ﬂow imaging. This patient had stenoses both in the internal
and external carotid artery. Using vector Doppler, complex secondary ﬂow could
be observed after the external carotid artery stenosis. The abrupt change from a large
pre-stenotic velocity magnitude to the small mid-stenotic velocity magnitude was also
clearly seen from the vector velocity information, indicating that the ﬂow direction in
the mid-stenotic region was in the out-of-plane direction.
Fig. 6.6 shows images obtained from the combined acquisition, using velocity
magnitude instead of the regular color ﬂow image to indicate blood ﬂow. As seen
in the middle panel, slow and circulatory ﬂow was present in diastole, following a
small stenosis. Two spatial spectral proﬁles are shown in the lower right of Fig. 6.6:
one parabolic from systole (indicated by dashed line in upper panel), and one showing
directional change with depth from diastole (dashed line in lower image panel).
6.3.3 Temporal resolution
The ﬂow velocity curves in Fig. 6.3 demonstrated that compared to focused ﬂow
imaging, plane wave transmission enables near instantaneous images of the ﬂow in
a large image region. Using the research system, high frame rates may be achieved
with an increased velocity span (due to large ensemble lengths) and also robust vector
Doppler information.
The high temporal resolution obtained in the new modality is illustrated in Fig. 6.7
and Fig. 6.8. From the vector Doppler information, it became clear that reversed ﬂow
was present in a small part of the cardiac cycle, and that during this time-window,
the blood ﬂowed from the external to the internal carotid artery. As more clearly seen
in Fig. 6.8, the ﬂow in the external carotid artery experienced a near 150◦ turn in
diastole (region of interest indicated by a small rectangle in Fig. 6.7).
6.3.4 Automatic PW Doppler calibration
The upper panel of Fig. 6.9 shows the adaptive spectrogram from the indicated
rectangular region in Fig. 6.7. Based on the directional information from vector
Doppler, the spectrogram could be angle corrected automatically, and included in the
ﬁgure are the calibrated traces of mean and maximum velocity. After angle correction,
the spectrogram gave an estimate of the peak systolic velocity at approximately
0.6m/s.
As seen in the middle panel of Fig. 6.9, regular spectral estimation could also be
used to generate calibrated velocity spectra, however with reduced contrast (lower
SNR). The wider spectral mainlobe, clearly seen in the lower panel of Fig. 6.9, also
leads to higher maximum velocity estimates, here at approximately 0.85m/s.
In Fig. 6.10 we compare a conventional PW Doppler recording (left) to regular
spectral Doppler from the investigated modality (right). The conventional recording
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Figure 6.4: The ﬁgure shows the increased velocity span and improved visualization
obtained by using high ensembles and vector Doppler imaging. The dot in the velocity
trace shows the time of the depicted images.
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Figure 6.5: The ﬁgure shows vector velocities overlaid a color ﬂow image form the
carotid bifurcation of a patient with stenoses in both the internal and external carotid
artery. After the stenosed region in the ECA, complex ﬂow is present. The abrupt
change in velocity magnitude from the pre-stenotic to the mid-stenotic region indicates
that the blood ﬂow is in the out-of-plane direction.
was done in the stenotic region of a patient with internal carotid artery stenosis,
and a corresponding ROI was extracted from the plane wave recording. Whereas the
conventional spectrogram was manually corrected during the examination using the
assumed direction of ﬂow, the other was automatically corrected with the direction
estimated from vector Doppler. In this case, where the spectrograms originate from
the mid-stenotic region, the two corrections correspond well. The spectral quality is
also comparable, though with somewhat lower contrast and temporal resolution in the
unfocused, retrospective case.
6.3.5 Applications of 2D spectral information
As spectrograms and information on velocity direction are available in every point of
the image, angle corrected spectral estimation could be performed in all image points
simultaneously. In regular color ﬂow imaging, this is not an option, as the ﬂow angle is
generally unknown, and diﬀerent regions of interest must be assessed separately, with
the operator providing an educated guess of the ﬂow direction.
By automatically calibrating and tracing the velocity spectra in every point in
the image, the result may for instance be displayed as a spatial map of the peak
systolic velocities. In Fig. 6.11, such a map is depicted, generated from a patient with
a double sided stenosis in the internal carotid artery. Examples of velocity spectra,
velocity traces and peak systolic velocity estimates are found on top, depicting the
velocity content in the pre-stenotic, mid-stenotic and post-stenotic regions.
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Figure 6.6: The two upper panels of the ﬁgure show vector Doppler estimates from
peak systole (upper) and diastole (lower) in one of the patients using the combined
acquisition scheme. The velocity magnitude trace from the leftmost part of the artery
is seen in the lower left. To the lower right two spatial spectral proﬁles are shown.
One from peak systole (left) and one from diastole (right). The regions of interest for
the spectral proﬁles are shown as yellow dashed lines, placed to the far left in peak
systole and in a region of swirling ﬂow in diastole.
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Figure 6.7: The upper panel shows blood ﬂow in a carotid artery bifurcation during
systole, whereas the lower panel depicts the situation in diastole. Here the blood ﬂow
was reversed, and ﬂowed from the external to the internal carotid artery.
6.4 Discussion
We have presented results from an all-in-one modality utilizing plane wave imaging.
The modality provides robust vector Doppler estimates, PW Doppler and separate
B-mode images. Tested in a population of patients with carotid artery disease, the
modality could provide successful vector Doppler images and retrospective velocity
spectra from patients within a BMI-range of 21 to 31. One limitation of the study is
that none of the patients had a large degree of calciﬁcations, another that only the
carotid arteries were imaged. Calciﬁcations and the increased depth of the vertebral
arteries would increase the imaging challenge, and it is still unknown whether the
plane wave approach would be successful under such circumstances.
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Figure 6.8: The ﬁgure shows both velocity magnitude and velocity direction curves
throughout the cardiac cycle for the indicated region of interest in the patient recording
illustrated in Fig. 6.7. The blue dots represent the timepoints for the frames depicted
in Fig. 6.7.
A duplex scheme using separate B-mode setup hinders a continuous acquisition
and processing of ﬂow images, and also limits the overall frame rate. Separate
acquisition is, however, necessary to obtain high quality B-mode images, which is
considered clinically important. Still, the overall frame rate was signiﬁcantly higher
(> 3 times) than typically available in current high end systems, and suﬃciently high
to capture fast variations in the ﬂow. Duplex acquisition also enables focused B-mode
imaging, with advantages including increased penetration, resolution and contrast.
By utilizing an interleaved acquisition scheme, these advantages can be achieved
without compromising the Doppler frame rate. The scheme applied in this work
had four interleave groups, resulting in a B-mode frame rate which was only one
fourth of the ﬂow frame rate. However, when applied to carotid imaging, where the
tissue movement is small compared to blood ﬂow or myocardial contractions, such an
interleaved approach is justiﬁed.
The plane wave scheme, where unfocused transmissions were used both for ﬂow and
tissue imaging, had a common frame rate for the B-mode and ﬂow images. However,
further investigation should be done to ﬁnd an optimal number of imaging angles for
the coherent compounding, as the span in angles chosen in our application corresponds
to a transmit F# = 4. Reducing the number of transmitted plane waves and increasing
the angle span would give an increase in the frame rate and the lateral resolution
respectively, however with a reduction in contrast and SNR.
An approach to obtain both color ﬂow and spectral Doppler simultaneously has
been described by Bercoﬀ et al.[16], where also coherent compounding from 3–16 angles
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Figure 6.9: PW spectra from -10◦ tx/rx calibrated with angle from vector Doppler
in peak systole (see Fig. 6.8). The black line is the autocorrelation estimate, whereas
the white, solid line is a trace of the peak velocity. The yellow dots mark peak
systolic velocity. Colorbars in dB. The lower panel depicts linespectra from peak
systole, illustrating the diﬀerence in mainlobe width between the spectral estimation
techniques.
was used to improve resolution and contrast in the color Doppler image. Compounding
has clear beneﬁts in regions of slow ﬂow, where the Doppler PRF can be reduced
without risking aliasing artifacts, and as a means to increase the SNR from single plane
wave imaging. However, compounding in fast ﬂow situations might induce artifacts
from movement, and would also compromise the Nyquist (maximum) velocity.
To avoid excessive transducer surface heating, a compromise between penetration
depth and pulse repetition frequency was encountered in our approach, thus also
limiting the Nyquist velocity. Superﬁcial vessels generally lie parallel to the skin
surface and will have relatively large beam-to-ﬂow angles. In result, most of the
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Figure 6.10: The left panel shows a conventional PW Doppler recording, manually
calibrated using the assumed ﬂow direction. The right panel shows the corresponding
retrospective PW Doppler spectrum from the plane wave Doppler acquisition,
automatically calibrated using the directional information from vector Doppler.
patients imaged had Doppler shifts supported by the given velocity range. However,
in severely stenosed regions and in branches, aliasing could occur.
The Doppler transmissions were in this work interleaved, which means that the
transmit direction changed between each pulse. However, by acquiring a full Doppler
ensemble before changing transmit direction, the maximum velocity would be twice
as high. On the other hand, this may lead to a signiﬁcant time lag between the mean
velocity estimates from the two directions.
The large Doppler ensembles used in this work (50) were motivated both by a desire
to make robust velocity estimates, to give more ﬂexible wall ﬁltering and an increased
velocity span, but also to be able to generate spectra of suﬃcient velocity resolution in
every point of the image. As demonstrated, the plane wave packet acquisition scheme
could provide spectra of suﬃcient temporal resolution and contrast. Both conventional
and adaptive spectral estimation techniques could be used as precursors for maps of
peak systolic velocities, and examples of spectra generated by both techniques were
given. Increased computational time is a disadvantage of the adaptive techniques, but
as the spectral estimation is retrospective in our application, the slight increase in
computational complexity is tolerable when a higher spectral resolution and contrast
is obtained.
Overestimation of the peak systolic velocity is a common and well known
phenomenon[4, 26, 27], and the origin of error stems from many sources, including
spectral broadening. As the beam-to-ﬂow angle changes throughout the course of the
vessel, spectral broadening will vary, resulting in a variable amount of overestimation
in the peak systolic velocity at diﬀerent locations. Adaptive spectral estimation might
contribute to reduced spectral broadening and thereby a reduction in peak velocity
overestimation. However, further work should investigate the diﬀerences between
alternative and conventional spectral estimation techniques in a situation with a known
maximum velocity.
The tracing technique applied in this work was simple, chosen as development of
more advanced techniques was out of the scope of this work. Still, in our limited
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Figure 6.11: Peak systolic velocity map in a patient with carotid artery stenosis. In
the bottom image, the velocity magnitude and direction is shown. Based on the ﬂow-
angle from vector-Doppler and available spectral information, a calibrated estimate of
the peak systolic velocity was found automatically in every image point. The middle
panel shows the resulting spatial map of the peak systolic velocities, highlighting the
stenotic region. Examples of spectrograms generated from diﬀerent image locations
are also shown.
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data material, it worked adequately. More sophisticated techniques for estimating the
peak systolic velocities have been suggested[28], and especially if conventional spectral
estimation is used (with only moderate SNR), the technique developed by Steinman
et al.[29] could be useful.
It was demonstrated that vector Doppler estimates could be used to calibrate
spectrograms from every image location, forming a spatial map of the peak systolic
velocities. In this way, regions of high velocities are highlighted, and the patient
examiner can, either during the examination or retrospectively, more easily place a
sample volume in this region. The location of the spatial maximum of the peak
systolic velocities may also be found automatically. Measurements of peak systolic
velocity are an important part of the clinical protocol when examining a patient with
carotid artery disease, and the velocity estimate is one of the selection criteria for
carotid endarterectomy. In that respect, automatic angle correction of the velocities
would be beneﬁcial, as this may reduce both intra- and interobserver variability[14].
Also of importance is the extent of the stenotic region. This is visualized better in
a map of the peak systolic velocities than when looking at regular color ﬂow images,
where the velocity shown is dependent on beam-to-ﬂow angles which are changing
throughout the course of the stenotic region.
Vector Doppler estimates are required for several parameters which could be of
interest in relation to carotid artery disease. Wall shear stress estimation is one,
where the impact of diﬀerent ﬂow patterns on the endothelium could be quantiﬁed
to a larger extent than by visualizing ﬂow patterns alone. However, very low velocity
ﬂow close to the vessel wall remains a challenge.
Volume ﬂow estimation would also beneﬁt from vector velocity estimates, and
could provide useful diagnostic information. However, blood ﬂow is in 3D, and some
assumptions must still be made for the geometry and the ﬂow proﬁle when 2D imaging
is used. Still, as demonstrated here, although the full velocity information is not
provided by a 2D representation of the ﬂow ﬁeld, it gives increased understanding
of the ﬂow situation compared to the 1D color ﬂow images, and might improve our
understanding of the vascular physiology, both in healthy and diseased arteries.
6.5 Conclusions
An all-in-one modality for vector velocity and spectral Doppler imaging was presented,
and real-life imaging feasibility was investigated using a small group of patients with
carotid artery disease. The patient study gave promising results, with successful
vector and spectral Doppler images generated from patients with a BMI span of 21
to 31 and carotid depth ranging from 16 to 28mm. By combining the directional
information from vector Doppler and the spectral information obtained by using
large ensemble Doppler imaging, spatial maps of the peak systolic velocity could be
generated. Automatic calibration of PW Doppler spectra may reduce interobserver
variability, and the visualization of peak systolic velocity maps may also aid the user
in placement of the sample volume, as regions of high velocity magnitude and their
spatial extent are quantiﬁed and highlighted.
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Ultralydavbildning av blodstrøm basert på teknikker for høy bilderate og adaptiv 
signalbehandling 
 
Ultralydavbildning av blodstrøm er en vanlig måte å diagnostisere pasienter med plakk i halsarteriene på. 
Plakk i disse arteriene kan føre til slag, og det er derfor viktig at diagnostiseringsteknikken gir så mye 
informasjon som mulig om sykdomstilstanden. Fargedoppler og spektraldoppler er to 
avbildningsteknikker som blir brukt når man skal avgjøre om en pasient bør operere bort plakk i 
halspulsåren. Fargedoppler gir informasjon om de gjennomsnittlige hastighetene i et stort område, mens 
spektraldoppler gir informasjon om alle hastighetskomponenter i et mindre område. Hver av disse 
teknikkene har sine begrensninger som gjør at hastighetsinformasjonen som presenteres kan være 
vanskelig tilgjengelig eller unøyaktig. 
Teknologiske nyvinninger gjør at vi nå kan avbilde med høyere bilderate enn før, basert på en teknikk 
kalt parallell stråleforming og utsending av plane istedenfor fokuserte lydbølger.  I denne avhandlingen 
ser vi på hvordan disse teknikkene kan gi forbedringer både i fargedoppler og spektraldoppler.  
For spektraldoppler blir det vist at ved å bruke mer avansert spektralestimering og romlig informasjon 
som er tilgjengelig på grunn av de nye avbildningsteknikkene, kan vi lage hastighetsspekter av god 
kvalitet fra data som tidligere kun kunne brukes til estimering av gjennomsnittlig hastighet. I tillegg 
demonstrerer vi en ny metode som kan forbedre kvaliteten på hastighetsspektre ved å følge etter 
blodstrømmen i 2D.  
For fargedoppler utnytter vi mulighetene de nye avbildningsteknikkene gir oss til å lage estimater av 
blodstrømshastighetene i 2D, ikke bare langs ultralydstrålen slik dagens teknikker gjør. Dette kalles 
vektordoppleravbildning. Vi har gjennomført en pasientstudie for å se om vektordoppleravbildning med 
plane bølger er gjennomførbart i pasienter med plakk i halspulsåren, hvor omkringliggende vev og 
kalsifiseringer kan gjøre avbildning vanskelig. Resultatene indikerer at dette er realistisk, og det burde 
være mulig å implementere denne teknikken i nye kliniske ultralydapparater da metoden er lite 
beregningskrevende.  
Den nye avbildningsteknikken kan gi både hastighetsspekter og vektordoppler samtidig fra samme 
dataopptak.  Dette gir nye muligheter for visualisering av blodstrømshastighet og utstrekning av plakket. 
I tillegg kan det gi mer robuste målinger av blodstrømshastighet i plakkregionen, som brukes til å avgjøre 
om pasienter skal opereres eller ikke. Fordelen er at ved å kombinere informasjon fra vektordoppler og 
spektraldoppler kan hastighetsspektrene kalibreres automatisk, i stedet for på øyemål, slik det gjøres 
idag. 
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